Recent years have seen tremendous advances in the field of hydrogel-based biomaterials. One of the most prominent revolutions in this field has been the integration of elements or techniques that enable spatial and temporal control over hydrogels' properties and functions. Here, we critically review the emerging progress of spatiotemporal control over biomaterial properties towards the development of functional engineered tissue constructs. Specifically, we will highlight the main advances in the spatial control of biomaterials, such as surface modification, microfabrication, photo-patterning, and bioprinting, as well as advances in the temporal control of biomaterials, such as controlled release of molecules, photocleaving of proteins, and controlled hydrogel degradation. We believe that the development and integration of these techniques will drive the evolution of next-generation engineered tissues.
Introduction
Recent advances in biomaterials have allowed for deeper understanding of fundamentals of cell biology and fueled further development of novel pharmacological ex vivo models by recapitulating native physiological processes [1] . Moreover, biomaterials play a fundamental role in tissue engineering, which is aiming to fabricate living replacements to restore the functions of affected tissues and organs. The last decades have underlined the essential role of biomaterial design and engineering to improve the function of engineered tissue constructs [2] . Here, we critically review the emerging progresses of spatiotemporal control over biomaterial properties towards advanced biomaterials that facilitate the development of functional tissue-engineered constructs.
Traditionally, research directions on biomaterials have centered on the development of biomaterials with novel compositions and properties [3] . In parallel, an intense effort has been made towards the chemical modification of known biomaterials to endow them with improved performance or specific new functions. Moreover, conventional research has focused on the static behavior of biomaterials, while recent findings suggest that spatial and temporal control of biomaterials provides unique opportunities to recapitulate the dynamic nature of the microenvironments in native tissues, which play a key role in controlling cell behaviors and functions.
In addition to advances in biomaterial chemistry, numerous engineering techniques have also been developed to fabricate biomaterial constructs with unique spatial modifications and complex architectures [4] . We review the recent developments in biofabrication techniques including, but are not limited to, micromolding, photolithography, and spinning techniques for the fabrication of spatially defined biomaterials. The use of constructs fabricated with these technologies has revealed how the geometrical and topological factors of scaffolds can influence the proliferation, migration, and differentiation of cells in contact with engineered scaffolds. Also, we introduce the recent rapid developments in three-dimensional (3D) bioprinting techniques, which have provided practical methods for fabricating biomaterials into relevant sizes, shapes, and compositions for regenerative medicine [5] .
We also review the recent achievements in temporal control over biomaterials. While conventional approaches have focused on controlled release of growth factors and drugs, recent studies have been dedicated to transforming passive and static scaffolds into responsive and dynamic matrices [6] . For example, cell-adhesive peptides can be presented in synthetic matrices upon on-demand photo-activation with precise spatial control, while biophysical characteristics such as matrix elasticity or stiffness can also be dynamically changed. Such new approaches are expected to play a major role in recapitulating the unique dynamic features of native extracellular matrix (ECM) to direct multistep biological processes, such as stem cell differentiation and functional tissue regeneration.
We conclude by providing a perspective on the future challenges and opportunities in the development of biomaterials for tissue engineering applications. Specifically, we discuss the possibilities to generate multiscale materials by combining several recently developed technologies, which can provide instructive cues to cells on multiple length scales and provide unrivaled biomimetic microenvironments. Moreover, since this research direction necessitates the screening of large numbers of variables, the development and integration of high-throughput platforms into the field of biomaterial science is highlighted.
Spatial control of hydrogels
Conventional hydrogels can be employed for fabrication of scaffolds, which provide biomimetic chemical and physical microenvironments for the embedded cells to regulate their behaviors. However, these biomaterials lack the heterogeneity and dynamic changes observed in native tissues. Biomimicking the temporal and spatial characteristics of the native tissues and organs requires the development of advanced hydrogels. In this chapter, we will review the recent approaches towards spatial control of hydrogels for tissue engineering to enhance cellular functionality and therapeutic efficacy of implants.
Surface modification
Adherent mammalian cells need a solid substrate for anchorage to sustain their viability and function. Proteins sequestered in the ECM, components of the cytoskeleton, and trans-membrane receptors can all mediate the anchoring mechanisms between cells and the ECM [7] [8] [9] . For biomedical applications, the surface of hydrogels needs to mimic the chemical and physical properties of native ECMs and provide the components required for cell attachment. Incorporating bioactive motifs, such as the Arg-GlyAsp (RGD) peptide sequences in polymeric hydrogels, is a practical approach to enhance cell attachment and proliferation [7, 10] . In addition to cell anchoring motifs, surface characteristics such as stiffness, elasticity, topography, and thickness have been proven to affect the functions of cells and tissue regeneration. Thus, the cellular responses to the physical and chemical properties of hydrogel surfaces are intimately related to functionalities that are important in the context of tissue engineering, such as implant integration, prevention of inflammation, induction of cell differentiation, and antimicrobial activity. In this section, we describe the effects of hydrogel surface properties on cell behaviors to elucidate how additional physical cues can be added to hydrogel matrices to achieve specific functionalities, as well as the practical uses of hydrogels as surface modifiers.
Spatial control of hydrogel surfaces
Not only material properties but also spatial patterns on hydrogels can regulate cell behaviors on the surface. Surface patterning of hydrogels is an effective strategy for aligning cells Reproduced with permission from: (a) Ref. [16] , (b) Ref. [17] . and manipulating cell functions on the surface. Cell alignment is involved in many important natural processes, such as the formation of functional vascular, muscular, and neural tissues [11] . Cell shape manipulation also can affect the stem cell fate decision process [12, 13] . In addition, the surface patterning of hydrogels can be used to steer the immune response by e.g. polarizing macrophages towards a non-inflammatory phenotype, which has been used as a strategy to enhance biocompatibility on implantable metal and polymeric surfaces [14] .
Segura et al. reported oriented growth of NIH/3T3 fibroblasts on patterned hyaluronic acid (HA)-collagen hydrogels [15] . The patterns were transferred via a poly(tetrafluorethylene) (PTFE) mold, on which the hydrogel was cast. After casting, the hydrogel solution was dehydrated, stored, and eventually re-hydrated for cell culture experiments. Although the hydration step limited the pattern resolution, the patterning was sufficiently effective to guide the cell alignment. A more recent study by Hu et al. reported a method that enabled high-resolution micropatterns (5-15 mm spacing) using a poly(2-hydroxyethyl methacrylate) (PHEMA) hydrogel [16] . Fig. 1a shows a schematic depiction of the fabrication method towards micropatterned hydrogels. Human mesenchymal stem cells (hMSCs) were cultured on top of the patterned hydrogels and confocal microscopy results showed that the cells were aligned with the patterned surface. The hMSCs proliferated and formed interconnections along the surface of the micropatterned hydrogel over 32 days of culture (Fig. 1a) .
Wade et al. introduced a hydrogel system that incorporated distinct spatial patterns with different chemical properties, thereby providing different sets of topographical and biochemical cues to cells [17] . The topographical cues were provided by utilizing aligned electrospun norbornene-HA hydrogel fibers, whereas the patterned biochemical cues (RGD patterns) were provided by the polymer chemistry design coupled with photopatterning. The scaffolds were prepared with either parallel or perpendicular biochemical and topological patterns. Interestingly, in both cases, the cells responded more strongly to the topographical cues than to the biochemical patterns. RGD patterns alone proved insufficient to orient cells when they were perpendicular to the fiber direction, but they enhanced cell density along the patterns when both patterns were parallel to each other (Fig. 1b) .
Hodde et al. reported another approach to provide topographical cues to hydrogel systems [18] . Individual frames with aligned polycaprolactone (PCL) electrospun nanofibers were prepared, which were then stacked together (with parallel fiber orientation). A fibrin hydrogel was cast around the PCL frames to create a 3D hydrogel system with embedded 2D topographical cues. Schwann cells grown in this system were effectively oriented when they were in contact with the 2D topographical cues provided by the nanofibers, but the cells failed to orient when they were "suspended" in the hydrogel without the presence of the nanofibers. The incorporation of spatial patterns on hydrogel surfaces therefore allows the manipulation of cellular behaviors in diverse ways, and this could have important ramifications for the therapeutic efficacy of hydrogel-based regenerative medicine. Novel approaches also aim to include temporal control over spatial patterns. for example Liu et al. reported on a method for reversible expression of topographical cues by exploiting the thermal responsiveness of poly N-isopropylacrylamide (PNIPAAm) [19] .
Hydrogels as surface modifiers
Due to the high resemblance of hydrogels to natural ECM and their amenability of customization by incorporating spatial characteristics, hydrogels have been widely used as surface modifiers for various implantable devices [20, 21] , such as orthopedic implants [22] , load-bearing scaffolds [23, 24] , and biosensors [25] . Antimicrobial activity is desirable for all implantable devices as it reduces the risk of implant-associated infections. However, the specific required properties of hydrogels for each device type are different. For instance, orthopedic implants or load-bearing scaffolds may require a hydrogel coating that modulates the immunological response by diminishing the inflammation and thereby increasing the chance of integration within the body [26] . In the case of implantable sensors, the aim of using hydrogel coatings is to avoid the formation of a fibrous tissue capsule due to the foreign body reaction (FBR), which would act as a barrier between the sensor and the biological environment [25] . Fig. 2 summarizes some representative examples of the use of hydrogel coatings for different implantable devices. Fig. 2a shows two samples of polypropylene surgical meshes for hernia repair, with and without a coating of pig skin-derived ECM hydrogels. Histological results showed a reduced number of foreign body giant cells in the coated samples compared to the control by day 35 [27] . Faulk et al. [23] and Wolf et al. [26] further explored and characterized the same system in terms of macrophage polarization and chronic inflammation, revealing promising results for hydrogel coatings as (artificial) ECM materials for implantable surgical meshes for hernia repair. Fig. 2b illustrates an example of hydrogel coating for implantable sensors [28] . Brain silicon microelectrodes were coated with alginate hydrogels with two different thicknesses and were implanted into rat brains. The microelectrodes with a 400-mm-thick hydrogel coating layer significantly lowered the FBR as compared to the thin-coated and uncoated sensors after 4 months of implantation, because the thick hydrogel layer temporarily could deactivate pro-inflammatory cues within the hydrogel matrix, thus resulting in delayed FBR process. Immunoreactivity was assessed by immunostaining the samples with markers specific for microglial macrophages (CD68 and IBA-1) (Fig. 2b) .
Besides the confirmed effectiveness of anti-fouling hydrogels to mitigate the FBRs [29] , these hydrogels have also been suggested to confer antimicrobial properties of rubber surfaces for catheters. Fig. 2c shows a rubber piece coated with a poly(ethylene glycol)-based hydrogel chemically engineered with polycarbonate that contain quaternary ammonium groups for antimicrobial and antifouling properties. These hydrogels demonstrated a broad antimicrobial spectrum and highly efficient anti-fouling activity, which resulted in no retaining bacteria on the coated rubber surface [20] .
Hydrogels appear to be one of the most widely used biomaterials to improve the surface functionality and favor the biointegration of implants. However, engineering of surface coatings is still an evolving area, and some important challenges remained to be addressed. Coatings need to be customized, depending on the intended application. In surgical implants, coatings can be an important resource to lower inflammatory responses, enhance or accelerate integration, or decrease the risk of infections. These applications will need new material design and fine tune of hydrogel properties, which will demand the incorporation of additional chemical and physical cues. They should be stable with the physiological environments for sufficient time to accomplish their intended purpose, but not overly long to avoid fibrous capsule formation. All of these requirements impose stringent demands of new and smart materials, suitable for conventional microfabrication platforms.
Microfabrication of hydrogels
Many microfabrication techniques are ideally suited to confer an architecture or functionality to hydrogels. Here, we introduce examples of the hydrogel microfabrication techniques that are commonly used in the context of tissue engineering applications.
Replica micromolding
Replica micromolding is a facile, reproducible, cost-effective, and intuitive microfabrication technique. It is based on the use of a mold, into which a prepolymer solution is dispensed and later solidified to adopt the shape of the mold. Pioneering work on the replica micromolding technique by different groups have confirmed the versatility of micromolding for casting different hydrogel geometries [30] [31] [32] [33] [34] .
Polydimethylsiloxane (PDMS) is a commonly used material for the fabrication of micromolds for several reasons including ease of use, tunable mechanical strength and elasticity, transparency, biocompatibility, and high fidelity of copied micro-and nanostructural features [35] . As the PDMS surface is naturally hydrophobic, it facilitates the easy unmolding/detachment of the cast hydrogels. Other materials, such as poly(methylmethacrylate) (PMMA), silicon, PTFE, glass, and metals are also frequently used to produce micromolds, although this often requires a surface functionalization process [36, 37] . Recently, the use of 3D printing has significantly expanded the capabilities and flexibility of fabricating complex master molds [38, 39] . To crosslink the hydrogels in micromolds, different techniques have been demonstrated including the use of light (most commonly UV light), heat, and chemicals [31, 34, 40] .
Replica micromolding is arguably the simplest microfabrication technique for hydrogels, and yet remarkably flexible and powerful. For example, the use of multiple positive and negative replica molds expands the possibilities of the technique and allows the replication of the superficial features and volumetric shapes of practically any object. Gelatin has been widely used as a sacrificial molding material [41, 42] . After crosslinking of the prepolymer solution, the gelatin molding can be sacrificed by heating the mold to above 37 C. For example, Zhao et al. used gelatin as the sacrificial material to cast channels within microfluidic devices made from silk fibroin-based hydrogels [42] . Other sacrificial materials including sugars and proteins have been demonstrated [38] . Hosseini et al. generated grooved patterns in gelatin methacryloyl (GelMA) hydrogels using nylon fibers as the sacrificial template [43] . Nylon or metal fibers were arranged into planar arrays or wrapped onto cylindrical or planar surfaces, and then submerged into a PDMS prepolymer to make a mold. After curing, the fiber patterns were transferred to poly(ethylene glycol) diacrylate (PEGDA) or GelMA hydrogel to form the grooved patterns. The patterned hydrogels led to the improved alignment of C2C12 myoblasts as compared to conventional channel-ridge patterns. Similarly, hydrogels micromolded with channel-ridge patterns were used for in vitro culture of cardiomyocytes, which Reproduced with permission from: (a) Ref. [27] , (b) Ref. [28] , (c) Ref. [20] .
can promote cell attachment and proliferation, as well as enhance cell alignment within the channels of the hydrogels compared to non-patterned hydrogel substrates [44] .
At present, replica micromolding and other micromolding techniques continue to find relevant therapeutic applications. Rios et al. successfully used a simple micromolding technique to fabricate hydrogel devices that encapsulated islets for the restoration of normal glycemic levels in diabetic mice [45] . A GelMA hydrogel construct fabricated by casting in a PTFE mold was recently used for controlled release applications using an in vivo mouse model [37] . In addition, replica micromolding has become a standard technique to create low-attachment microwell arrays to generate cellular spheroids and micro-organoids, which can be used to drive bottom-up tissue engineering, to control stem cell behavior, and to improve drug screening [46] [47] [48] [49] [50] .
Photo-patterning
Photo-patterning has rapidly evolved into a very powerful and flexible tool with many reported variations. Photo-patterning refers to the use of lights to form patterns using photocrosslinkable hydrogels. In its simplest version, the surface of the material is covered with a photomask containing a predesigned pattern, which locally shields the material from light exposure and subsequent chemical modification of a photosensitive material. The work by Bryant et al. represents an example of photomicropatterning of crosslinkable hydrogels [51] . The authors used a photomask with microscale circular opaque islands to pattern circular pores onto the surface of photocrosslinkable PHEMA hydrogels (Fig. 3a) . In addition to this, the photo-patterning of chemical signals has represented an important step forward to selectively endow (or activate) chemical cues in specific regions of a hydrogel construct with precise spatial control. Gramlich et al.
used a norbornene-functionalized HA (NorHA) and the click photoreaction with dithiols to photo-pattern hydrogels (Fig. 3b ) [52] . The use of masks with specific patterns enabled the functionalization of specific regions of the hydrogels by exposure to light. The control of the spatial distribution of the dithiol groups allowed the selective induction of secondary reactions.
New laser illumination techniques developed in the last decade have provided new and more precise ways to fabricate 3D microstructures within hydrogels. One of these systems, based on the phenomenon of two-photon absorption, has enabled direct "writing" of micropatterns with nanoscale precision [53] . Twophoton hydrogel polymerization (2PP) platforms use a femtosecond laser source. The intensity of the laser beam is highly regulated and therefore allows for printing within cell-laden hydrogel matrices through the precisely localized excitation of photoinitiator molecules. This polymerization technique enables a uniquely high resolution of 3D patterning (Fig. 3c) [54] . In addition, obtaining complex architectures including perfusable microvessel structures is feasible once proper computer-aided design files are produced [55] [56] [57] . However, the potential to produce complex micropatterns at remarkable resolutions comes at the price of low fabrication speed. When fabricating larger constructs, a single structure could take hours to days to complete, thus limiting the practical applications of 2PP for large-scale endeavors towards cell-laden constructs.
A further aspiration in the field is to employ photo-patterning for spatial and temporal applications. Many biomedical applications would benefit from temporal matrix remodeling or temporally controlled release. Such strategies would allow the temporal evolution of cell microenvironments within hydrogels, opening up avenues for the temporal manipulation of cellular processes, which will be described in Section 3. 
Microfluidics-assisted fabrication
The term microfluidics refers to a set of scientific/technological disciplines and resources that enable the manipulation of small volumes of fluid (or small flow rates) through narrow channels or small spaces [58] . Microfabrication is one of the many relevant applications of microfluidics; indeed, microfluidics-assisted fabrication has been previously reviewed [59] .
Microfluidics has expanded our toolset for engineering the geometry, composition, and functionality of hydrogel constructs. Microfluidic systems are particularly pertinent for engineering hydrogels for a number of reasons including their intrinsic capacity to produce flow alignment. Hydrogels are typically prepared from viscous liquids that can be dispensed, dosed, or extruded through microfluidic systems. The laminar flow that prevails in microfluidic systems is a powerful tool for microfabrication. In addition, the small size of microfluidic systems enables a tight control of relevant fabrication conditions, such as heat transfer rates, mass transfer rates, surface tension, and chemical microenvironments.
The use of microfluidic systems has been widely exploited for the microfabrication of hydrogel structures. Microfluidic platforms have been used to microfabricate hydrogel spheres with welldefined diameters, architectures, and chemical compositions [60] [61] [62] [63] [64] , as well as fibers of a particular architecture including hollow fibers and gradients within hydrogels [65] . Numerous studies have demonstrated the generation of cell-laden hydrogel microparticles using microfluidic devices [64] . Recent innovations even allowed for microfluidic encapsulation of individual cells in microgels that are only marginally larger than the cell they contain [66] . Spatial placement of the cell in these microgels is of high importance to prevent cell egression; it has been reported that delayed on-chip gelation places cells in the microgel's center, which enables longterm culture [67] . Frequently, hydrophilic hydrogel precursor solutions are co-flown with a hydrophobic liquid, such as oils in a microfluidic channel to generate microdroplets of liquid hydrogel precursor. These microdroplets are subsequently crosslinked within the microfluidic channels or at the outlet by exposure to a crosslinking agent, such as light, heat, chemical reagent, or enzyme that is added downstream. These microfluidic channel systems provide a level of process control that is far superior to those achievable in traditional synthesis methods. Almost perfectly spherical hydrogel microparticles of a precise diameter, and with a very narrow particle size distribution, can be generated in a facile manner using microfluidic methods. Manipulation of operative parameters, such as the nature of the hydrophobic phase, hydrogel precursor solution, hydrophobic/hydrophilic ratio, flow rate, chemical environment within the channel, and the diameter of the microfluidic channel, allow tight control of shape, diameter, and functionality of the generated microparticles [68] .
Microfluidic systems allow for the straightforward tailoring of well-defined physical and chemical microenvironments for cell proliferation, function, or differentiation. Each hydrogel particle can be viewed as an individual tissue micro-niche, i.e., a welldefined cell microenvironment, where the chemical and physical properties can be controlled by dosing chemical and physical cues in the precursor solution. As an example, the fabrication of PEGDA/ heparin hydrogel microspheres for the high-throughput encapsulation of mouse embryonic stem cell (ESCs) has been explored, which demonstrated the rapid formation of embryonic spheroids with enhanced differentiation [61] . Specifically, a simple microfluidic device was used to co-inject the PEGDA precursors, methacrylated heparin and 8-arm PEG-thiol to produce cell-laden spheroids containing appropriate chemical microenvironments for the proliferation of ESCs and to guide their endodermic differentiation.
Fibers are ubiquitous in natural tissues. Neurons, muscle fibers, and tendons are only some of the many examples of fibrous tissue units in the human body. The fabrication of hydrogel fibers with predefined architectures is therefore of great interest to tissue engineers. Microfluidic platforms have found an important niche in this field, as microfluidic systems behave like microfiber extruders. The fiber-shaped hydrogels could be utilized as woven tissue textiles, which will be covered in Section 2.2.5.
Self-assembly
Microfabrication techniques based on micromolding, photopatterning, and microfluidics enable the construction of the microbuilding blocks of tissue constructs, such as cell-laden hydrogel particles, fibers, or mini-constructs of any shape [69] . To engineer micro-tissues, the next level of fabrication is needed, which is capable of organizing the micro-building blocks coherently and rationally into a tissue-like assembly. Here, we will highlight the bio-inspired self-assembly-based strategy for fabricating microtissue constructs that can augment the field of tissue engineering.
Self-assembly is a widely studied natural phenomenon. Nature has evolved to use self-assembly to produce complex structures from simple building blocks in an efficient manner. The very basic concepts of self-assembly from nature have been imported to organize microgels and engineer macroscopic hydrogel structures including shape complementarity, chemical affinity, and physical attraction (or repulsion) [70] . In these cases, a driving force is needed to bring equivalent units into proximity and overcome the entropy loss (negative DS) of self-assembly. In the context of hydrogels, self-assembly has been induced using magnetic, acoustic, mechanical, capillary forces, surface tension, or polarity (the hydrophobic interactions) [71] [72] [73] . Chemical affinity and chemical reactions have also been used in self-assembly [74] [75] [76] [77] . Zamanian et al. utilized surface tension and polarity to selfassemble cell-laden microgels [71] . Cell-laden microgels (i.e., cubes of %1000 mm 3 ) were placed randomly on top of the surface of a high-density hydrophobic liquid (i.e. carbon tetrachloride or perfluorodecalin) and self-assembled to form aggregates of microgels. In this case, surface tension was the driving force for the self-assembly. The system could find a state with reduced free energy. The microgel aggregates could be consolidated via a secondary, light-triggered crosslinking step. Similarly, floating microgels with complementary shapes (e.g. lock-and-key structures) can promote self-assembly [73] , which can be accelerated by mechanical means (i.e. simple agitation or vibration induced by acoustic waves). Recently, Chen et al. used standing waves at a liquid surface as a template to self-assemble different materials including cell-laden spheroidal hydrogels. The authors confirmed that numerical finite simulations on the drift of energy field could closely predict the self-assembled structures that were experimentally created [78] . The structures can be dynamically rearranged, in timeframes of seconds, by simply changing the operating parameters of the wave generator (i.e. frequency and amplitude). In addition, this strategy is scalable; structures of 100 mm 2 to 10,000 mm 2 could be consolidated using a secondary crosslinking step. The complementarity between DNA chains is a powerful way to induce self-assembly between microgels [75, 77, 79, 80] and even between cells [81] . Qi et al. demonstrated the self-assembly of cellladen hydrogel blocks by functionalizing their surface with long single-strand DNA strains [79] . Cubes functionalized with complementary DNA strains were shown to preferentially bind to each other. If each hydrogel block contained different cell types, the aggregations with predesigned patterns could be used to direct 3D cell distribution, which enabled the organized building of complex multi-cellular micro-tissues with micro-resolution. Recently, Todhunter et al. published a detailed report on the use of DNA selfassembly to organize a complex micro-tissue. This technique allowed a high degree of precision, given the built-in specificity of DNA complementary binding [77] . The self-assembly methods could potentially provide a facile way to re-organize microgels with different cell types, allowing engineered micro-tissue constructs via the bottom-up mechanism.
Textile processes for forming complex tissues
Despite the groundbreaking progress of the aforementioned techniques for spatial control of hydrogel shape, it has remained a true challenge to create large constructs with in-depth complexity at the microscale. Textile-like processing of hydrogel fibers has emerged as a powerful tool for fabrication of large 2D and pseudo-3D constructs with tunable mechanical properties, architectures, and patterns. These properties are well aligned with the expectations of ideal scaffolds for tissue engineering applications [82] [83] [84] [85] . In addition, the similarity between textile-based fabrics and some tissues, such as muscle, tendon, and ligament, has fueled the interest for their use in tissue engineering [86] . Thus, textile technology based on weaving, braiding, and knitting has been used for the engineering of various tissue constructs [87] . Woven hydrogel fabrics can provide anisotropic mechanical properties usually with a higher mechanical strength in the planar directions.
In addition, their mechanical strengths in the through-plane direction can be enhanced by interlocking multiple layers of 2D hydrogel fabrics [88, 89] .
Interlocking fibers into ordered arrangement of connected loops can generate knitted constructs, which have higher throughplane strength and flexibility. Such constructs have been explored for the engineering of tendon and ligaments tissue constructs [88] . Knitted scaffolds coated with hydroxyapatite have been utilized for engineering bone tissue and have shown excellent osteoconductivity [90] . Braided scaffolds formed from intertwined fibers offer the highest construct density and axial mechanical strength in comparison to those fabricated using other textile techniques. Thus, braided hydrogel constructs can be excellent candidates for engineering tissues with high axial strengths, such as tendons and ligaments [90] .
The majority of the textile-based scaffolds have been generated from acellular polymeric fibers as the fabrication process exerts significant mechanical stress, which cannot be tolerated by hydrogels that are commonly used for cell encapsulation [87, 91] . In addition, harsh solvent exposure of fibers during the fabrication process is another technological barrier for cell-encapsulated fibers. Therefore, significant efforts have been dedicated to the fabrication of fibers that can serve as modules for creating cellincorporated biotextiles.
In the past decade, fibers have been fabricated from a variety of natural polymer-based hydrogels that could carry cells [92] [93] [94] [95] [96] . The main methods used for fabrication of cell-laden fibers include wet-spinning, microfluidic spinning, and interfacial complexation [86] . In the case of wet-spinning, the prepolymer is injected into a reservoir containing compounds and the formation of stable fibers requires a rapid crosslinking rate of the prepolymers to limit the undesired diffusion into the surrounding solution. To this end, alginate has been frequently used for the fabrication of cell-laden fibers through wet-spinning, as alginate can be rapidly crosslinked by divalent ions, such as Ca 2+ to form biocompatible physical hydrogels [89] . Microfluidic-based wet-spinning has a similar crosslinking process with a major difference as the precursor and crosslinker are flown co-axially through a microchannel [97] [98] [99] . Both methods have been widely used for the fabrication of cellular and acellular fibers. The use of sophisticated microfluidic systems has enabled the formation of fibers with multiple compartments and materials [99] [100] [101] . In addition, the surface topography of the fibers and their shape can be tuned through the use of non-circular nozzles (Fig. 4a) [102] . Although the majority of the cell-laden fibers fabricated using this technique have been limited to alginate-based materials, recent methods have been proposed for fabrication of fibers from other hydrogels with a slower crosslinking rate. In one example, GelMA hydrogel prepolymer solution was injected into a low-temperature solution to induce rapid thermally induced gelation, after which the solidified fibers were photocrosslinked to form stable constructs (Fig. 4b) [99, 103] . However, this method suffered from significant dispersion of the hydrogel stream into the cold aqueous solution, resulting in poor controllability of the composition of the final fibers. To challenge this, sacrificial polymeric templates were introduced to assist in generating fibers (Fig. 4c) [103] . In this method, the target polymer was mixed with alginate and then injected into a CaCl 2 crosslinking solution. The alginate component was crosslinked to physically entrap the polymer chains. A secondary crosslinking process was carried out to form an interpenetrating polymer network (IPN) hydrogel. Alginate was then dissolved by a calcium-chelating agent to leave behind a stable fiber composed of the targeting polymer. Interfacial complexation is another fabrication method that has been widely used to produce cell-laden fibers [104] . In this method, two solutions with strong interaction (mostly electrostatic) will be interfaced and crosslinked. The interface layer is pulled using a needle to form stable fibers. However, controlling the fiber dimension and morphology using interfacial complexation needs to be improved.
Cell-laden hydrogel fibers are typically fragile and their assembly using textile processes is not trivial. However, a few reports have managed to fabricate cell-laden hydrogel fibers and assemble them using textile processes [105, 106] . A microweaving loom was designed to reduce the exerted mechanical forces during the weaving process (Fig. 4d) [104, 107] . However, the density of the generated fabric and the resolution of woven patterns were limited. As an another approach, IPN hydrogel fibers were generated with higher mechanical strength and were assembled using manual miniaturized weaving looms and also were braided into centimeter-scale fabrics (Fig. 4e) [107] . The resolution of the generated constructs was comparable to commercial conventional textile platforms for fabrics. Although the engineered hydrogel fabrics did offer anisotropic mechanical properties, their strength was still significantly lower than those observed in native tissues.
Since the successful implantation, integration, and function of engineered constructs rely on mimicking the tissue-level mechanical properties, tremendous effort has been dedicated to the fabrication of composite constructs. Many researchers have used textiles as reinforcing mats to strengthen cell-laden hydrogels [104] . Specifically, the hydrogel provides a nurturing environment for cellular growth, while the fabric provides the mechanical support and ensures the physical stability of the construct. However, controlling both the mechanical properties and the cellular distribution at the same time had remained elusive. A potential solution was coating mechanically strong core fibers with a layer of cell-laden hydrogels [88, 108] . It was shown that the mechanical properties of braided constructs could be tuned by three orders of magnitude while the cellular pattern could be preserved in the 3D environment (Fig. 4f) [109] . As such, this technology is uniquely suited to simultaneously control the spatial mechanical properties and the cellular distribution of engineered tissue constructs. Composite fibers have been assembled using manual weaving looms and have been knitted similar to regular threads. However, there were still key challenges associated with these composite fibers including the detachment of the hydrogel layer from the core fiber.
Overall, biotextiles have emerged as a powerful tool for the engineering spatially organized tissue constructs with clinically relevant dimensions. Hydrogel fibers have been widely used as acellular scaffolds and through the recent advancements in the fabrication of cell-laden fibers as miniaturized textile platforms to engineer tissue constructs. A key advantage of the textile processes is their ability in mimicking the tissue-level and cell-level properties independently. This unique feature distinguishes the textile-based technology from all other microfabrication technologies. However, there are several challenges to be resolved to enable their practical translation. The resolution of the textile processes has remained poor and requires improvement. Moreover, the current potential applications of this technology have been limited to the engineering of fibrous tissues.
Patterning biomaterials using 3D bioprinting
Although conventional biofabrication strategies as discussed in previous sections have enabled convenient patterning and spatial control of biomaterials, they generally suffer from a limited versatility and at times an inability to produce 3D sophisticated structures of macroscale shapes. Recently, 3D bioprinting technologies have provided effective alternatives to pattern biomaterials with high complexity in a volumetric space with high precision, by combining material dispensing or crosslinking with motorized operations. In this section, we will illustrate the recent advances in 3D bioprinting and discuss its applications in shaping biomaterials at the macroscale.
Common bioprinting modalities
Stereolithography is one of the first 3D printing modalities and was initially proposed by Hull in 1986 [110] . In this strategy, a reservoir is filled with the precursor solution of a UV-curable material, which is then crosslinked in a layer-by-layer approach. After the printing of each individual layer, the printed structure is moved away from the light source in the z-direction by a motorized stage to create space for the next print layer (Fig. 5a ) [111, 112] . While stereolithography was conventionally used for printing resins, it has been adopted in the fabrication of biomaterials, such as hydrogels made from PEGDA and GelMA prepolymers [113] [114] [115] [116] . More recently, the pattern projection method has also seen a major improvement by switching the traditional reflection of digital masks with a planar digital micromirror device (DMD). The DMD, unlike a single piece of mirror, is composed of a mechanically adjustable array of thousands to millions of mirrors. By digitally adjusting each mirror, a desired pattern can be created in an ultrafast manner, thus allowing for dynamic projection of patterns with a higher speed and versatility [113, 115, 117] .
The Laser-assisted forward transfer is another modality featuring high-speed bioprinting [118] [119] [120] . In this setup, an energy-absorbing substrate carrying a thin layer of bioink at the bottom side is irradiated by a laser source in a defined pattern. Upon absorbing the laser power, the localized heating of the substrate generates air bubbles that induce the forward transfer of the bioink in droplets to the collecting plate to form the pattern (Fig. 5b) . However, the choice over bioinks suitable for bioprinting has remained limited due to their specific requirements e.g. proper viscosity and crosslinking mechanisms [121] [122] [123] [124] [125] .
Among the different bioprinting methods, nozzle-based bioprinting techniques have attracted increasing attention due to their relatively low cost, convenient setup, and their compatibility with a wide range of bioinks [121] [122] [123] [124] [125] [126] . Nozzle-based bioprinting modalities can be generally divided into two categories, inkjet bioprinting, and microextrusion bioprinting. Inkjet bioprinting utilizes nozzles actuated by either heating or piezoelectricity to break the bioink stream into discrete droplets, and a stage motorized with programmed movement to allow for controlled deposition of the bioink in 3D (Fig. 5c ). In comparison, microextrusion bioprinters rely on pneumatic pressure or mechanical compression to drive extrusion of bioinks to realize continuous deposition of microfibers and generate 3D shapes, in conjunction with the movements of a motorized stage (Fig. 5d ). While extrusion bioprinting features easy operation and high bioink compatibility, cells might experience significantly higher shear stress in the extrusion printing process than that encountered in the previously mentioned bioprinting modalities [127, 128] .
Stereolithography and DMD bioprinting
As mentioned in previous sections, stereolithography bioprinting fabricates 3D shapes in a layer-by-layer manner, and each layer is crosslinked with a projected pattern of choice. As the optically projected digital masks can achieve ultrahigh resolution, the resulting patterns of biomaterials can also inherit the high spatial precision, which is not easily attainable using other bioprinting modalities. Similar high-resolution of bioprinting could also be achieved with mask-free DMD printing coupled with a highdensity array of mirrors, which possesses better flexibility in the dynamic patterning of the bioinks than the conventional maskbased methods. To date, a variety of bioinks have proved their merits in stereolithography/DMD bioprinting including PEGDA, GelMA, poly (acrylic acid) (PAA), collagen, HA, and their blends [113] [114] [115] 117, [129] [130] [131] . For example, Zhang et al. directly patterned 3D microscale objects made of PEGDA into a variety of shapes, such as stepwise, spiral, embryo-like, and flower-like microstructures (Fig. 6a) [132] . Of note, these microarchitectures featured resolutions in the range of a few tens of micrometers, which reflected the uniqueness of stereolithography/DMD bioprinting. Another widely used photocrosslinkable biomaterial, GelMA, has also been fabricated using DMD bioprinting into 3D hexagonal structures (Fig. 6b) [114] . The bioprinted GelMA scaffolds showed high cytocompatibility with human umbilical vein endothelial cells (HUVEC) and were able to support the proliferation of cells across the entire volume of the scaffolds (Fig. 6c) .
Hybrid biomaterials have also been used to endow bioprinted constructs with enhanced properties that are not achievable by individual components. For example, Suri and Schmidt patterned an IPN hybrid hydrogel by combining HA, a high-molecular weight glycosaminoglycan ubiquitously found in many cartilaginous tissues, and collagen, a major macromolecular component in the ECM, for use as scaffolds in engineering functional tissues [130] .
Similarly, Madaghiele et al. used a mixture of PEGDA and acrylic acid for the stereolithographic fabrication of 3D hydrogel scaffolds in the presence of collagen [129] . The grafting of collagen macromolecules through the carbodiimide chemistry to the PEGDA/PAA network further increased both the bioactivity and the mechanical properties of the resulting hydrogel constructs. Despite these unique advantages of high-resolution bioprinting at fast rates, its utility is hampered by the need for large volumes of bioink in the reservoir and the limited selection over biomaterials, which requires both mechanical robustness and photocrosslinkability [122] [123] [124] [125] .
Shear-thinning extrusion bioprinting
Extrusion-based bioprinting has allowed for convenient deposition of bioinks. Comparing to stereolithography/DMD bioprinting, extrusion bioprinting provides a higher versatility in compatible biomaterials at the expense of reduced spatial resolution (typically in the range of a few hundred micrometers) [123] [124] [125] . Extrusion bioprinting typically requires the bioink to be self-supportive to maintain the architectural integrity of the construct upon extrusion. To this end, shear-thinning bioinks are often adopted as they exhibit a fluid-like mobility during the extrusion process due to external shear stress, but revert back to their gel state upon removal of the mechanical force. Poly(ethylene oxide)-poly(propylene oxide) (also known as Pluronic) aqueous solution is a typical example, which demonstrates shear-thinning characteristics at a certain concentration range. Not surprisingly, Pluronic has often been used to bioprint a variety of sacrificial constructs that can be selectively removed by dissolution, as will be further discussed in Section 2.3.4 [133] [134] [135] .
Bioinks that enable proper cellular activities have also been developed for extrusion-based bioprinting. By rapidly cooling down GelMA solutions to below their gelation points in the printing nozzle, Lee et al. engineered a GelMA-based shearthinning bioink that enabled direct extrusion. The resulting selfstanding structures could then be permanently solidified via UVinitiated crosslinking (Fig. 7a) [136, 137] . Multi-layered microfibrous structures of GelMA hydrogels could be fabricated using this bioprinting system ( Fig. 7b and c) . The bioprinted GelMA constructs could support the viability of embedded HepG2 hepatocellular carcinoma cells in a crosslinking density-dependent manner; higher UV exposure dose increased the crosslink density and thus resulted in reduced cell viability ( Fig. 7d ) [137] . In addition, under proper conditions, the encapsulated cells, such as HepG2 cells and mesenchymal stem cells (MSCs), maintained high viability within the GelMA microfibers for a culture period of over 14 days (Fig. 7e ) [137] . Nevertheless, one limitation of this method was the inability to bioprint GelMA bioinks of <7% (w/v) due to the relative slow gelation kinetics of GelMA solutions of low concentrations.
Recently, a different strategy to generate shear-thinning bioinks has been proposed by Ouyang et al. (Fig. 7f) [138] . In this study, a pair of molecules with strong guest-host inteactions, namely, adamantane (Ad) and b-cyclodextrin, were separately immobilized on HA to create two hydrogel precursors. Upon mixing, these two hydrogel precursors immediately formed a supramolecular hydrogel that possessed a unique shear-thinning behavior, which allowed for direct extrusion of the hydrogel bioink into selfstanding microfibrous structures. Similar with GelMA, methacrylate groups could be further engrafted to the HA precursors, which enabled a secondary UV-crosslinking step to permanently stabilize the bioprinted structures [139] . By fine-tuning the bioprinting parameters, such as the bioink concentration, extrusion rate, and nozzle moving speed, structures with reproducible fidelity could be obtained ( Fig. 7g and h ). Moreover, embedded fibroblasts could achieve high viability and pronounced spreading in the HA constructs functionalized with RGD peptide motifs (Fig. 7i) .
The major drawback of conventional extrusion-based bioprinting lies in its inability to produce freeform objects due to the gravitational force that would deform the mechanically weak hydrogel structures. Three individual groups recently pioneered an embedded extrusion bioprinting method, which utilizes a supporting hydrogel reservoir to stabilize the extruded bioink, allowing for fabrication of self-sustained shapes with relatively complex architecture. During the embedded bioprinting procedure, the extruded bioink forms microfibrous structures that are suspended within the hydrogel matrix. As the nozzle moves through the supporting bath, the supporting hydrogel reservoir automatically heals and interlocks with the macromolecules in the bioink to stabilize the printed shape (Fig. 8a) . The unique gravity counteracting the properties provided by embedded bioprinting allow for the first time the direct fabrication of 3D freeform shapes without any structural collapse (Fig. 8b) . A secondary photocrosslinking capability might also be incorporated into either the bioink or the supporting matrix, leading to permanently stabilized freeform structures or freeform microchannel structures, respectively [140] .
In addition to supramolecular hydrogels, granular gels could also be adopted for use as the supporting matrix due to their shearthinning and self-healing properties [141, 142] . For example, Bhattacharjee et al. used aqueous Carbopol ETD 2020 or oil-based Dow Corning 9041 silicone elastomer blend granular gels as the supporting matrix, where a variety of bioinks including polystyrene microsphere suspension, polyvinyl alcohol, and PDMS were used to print freeform structures of different types (Fig. 8c) [141] . Complex macroscale shapes, such as continuous hollow knots (Fig. 8d ) that were unattainable from conventional extrusion bioprinting techniques could be readily achieved. In a parallel work, Hinton et al. utilized gelatin slurry as the support bath to build 3D freeform objects with extrusion bioprinting from an alginate bioink, where a variety of different freeform architectures from simple spirals (Fig. 8e) to dual-layered blood vessels and organ-mimicking volumetric patterns were successfully obtained (Fig. 8f) [142] .
Sacrificial bioprinting
Direct bioprinting of sacrificial bioinks provides a unique way to fabricate spatially complex structures that can be subsequently transformed into hollow channels on temporal demand. Particularly, this might be useful for the fabrication of a vascular networks within an engineered tissue construct. In this strategy, a fugitive bioink is first deposited in a desired pattern followed by casting of a hydrogel matrix that surrounds the template structures. Afterward, the bioink is selectively removed to leave a hydrogel block with interconnected microchannels. Compared to the conventional vascularization strategy, sacrificial bioprinting allows for unprecedented flexibility over the size, shape, and pattern of the generated vasculature, which can be conveniently tuned to match the needs of the target tissues.
In an early report, Bertassoni et al. explored agarose solutions as a sacrificial bioink, which formed a robust hydrogel at room temperature or lower [143] . The deposited agarose microfibers could be efficiently extracted manually, affording interconnected hollow channels inside the surrounding hydrogel constructs (Fig. 9a) . In this way, GelMA constructs containing various branching structures can be created (Fig. 9b) . Importantly, cells encapsulated within these prevascularized constructs showed higher viability than those in bulk GelMA constructs of similar dimensions without any microchannels. The difference in cell survival rates was attributed to the enhanced oxygen and nutrient diffusion as provided by the internal hollow network. While agarose microfibers can be physically extracted, the ability to fabricate complex hollow structures using this strategy still poses a challenge. To this end, fugitive bioinks featuring convenient removal have been developed by different research groups. For example, Lewis and co-workers reported a Pluronic bioink, which could form a shear-thinning hydrogel at room temperature but liquefied at 4 C or lower [133, 134] . Taking advantage of this property, a framework of the Pluronic bioink could be generated, cased with a hydrogel matrix, and removed to generate thick vascularized tissue constructs (Fig. 9c-f ). The use of dried Pluronic bioink simultaneously serving as the scaffolds and the sacrificial template was further developed [135] .
Lee et al. utilized gelatin solutions as the fugitive bioink, which gelled at lower temperatures but liquefied when the temperature reached approximately >30 C (Fig. 9g ) [144] . Importantly, rather than seeding endothelial cells after the hollow microchannels were created [133] [134] [135] 143] , in this approach the cells could be directly embedded in the gelatin fugitive bioink during the bioprinting process. As gelatin gradually dissolved over incubation at the culture temperature, the embedded cells would spontaneously attach to the formed microchannel walls (Fig. 9h and i) . Sacrificial bioprinting, however, usually relies on the differential properties of the template and the bulk hydrogels, thus limiting the choice of the variety of materials that can be used.
Microfluidic bioprinting
While embedded bioprinting has partially solved the limitations of extrusion bioprinting by providing physical confinement of the extruded bioink using a supporting hydrogel matrix, this process relies on relatively complex multi-step procedures. To this end, Khademhosseini and co-workers have developed a novel microfluidic bioprinting approach [145] [146] [147] , where essentially any desirable biomaterial (e.g. GelMA) can be deposited by combining with alginate, a polysaccharide that features ultrafast physical crosslinking in the presence of divalent ions [148] [149] [150] . This was achieved by using a core-sheath microfluidic printhead, where the bioink was delivered through the inner core flow while a CaCl 2 solution was carried from the outer sheath flow [145, 146] . After the biofabrication step, the biomaterial could be further chemically crosslinked to preserve the permanent shape, while the alginate component, serving as the temporary scaffold, could be selectively removed afterward using a calcium-chelating agent, such as ethylenediaminetetraacetic acid. Of note, the microfluidic printhead could be expanded to more than a single channel. For example, two inlets could be merged into a single outlet sheathed by the CaCl 2 crosslinking solution (Fig. 10a) , thus enabling alternative or simultaneous bioprinting of two bioinks (Fig. 10b  and c) [145] . This microfluidic printhead may have a few additional variations. One prominent example is the use of a tri-layered coaxial device. In this setup, the alginate-containing bioink is extruded from the middle layer while the crosslinking CaCl 2 solution is streamed from both interior and exterior, leading to bioprinting of hollow vascular-like structures [147, [151] [152] [153] [154] [155] [156] . Vascular cells may be encapsulated within the bioink to generate biologically active hollow conduits that mimic blood vessels [147, 154] .
A similar device without the sheath flow was used by Hardin et al. to extrude two viscoelastic inks [157] . The same group subsequently integrated a rotating impeller into this printhead to achieve active mixing of the two bioinks at prescribed ratios ( Fig. 10d and e) [158] . This unique design allowed for complete mixing of the bioinks within the volume of the printhead. By meticulously tuning the relative volumes of the two bioinks, gradient structures could be achieved in both vertical (Fig. 10f) and horizontal (Fig. 10g) directions. Such a bioprinting process was unprecedented and enabled direct deposition of heterogeneous and gradient bioinks with relative ease.
Multi-material bioprinting
There is no single natural tissue in our body that is comprised of only single cell types or ECM composition. Thus, to mimic both the structural and the compositional accuracy of the fabricated tissue and organ constructs, it is crucial to achieve simultaneous deposition of bioinks made of different biomaterials. Recent advances have contributed to the development of multi-material bioprinters using stereolithography/DMD and extrusion techniques.
By sequentially changing the input bioinks for the DMD bioprinter along with synchronized patterning with the mirror array, tissue constructs made of multiple materials in a wellorganized manner could be obtained [113, [159] [160] [161] [162] [163] [164] . For example, to mimic the liver microarchitecture, Ma et al. reported the sequential bioprinting of human induced pluripotent stem cell (hiPSC)-derived hepatic cells in a hexagonal lobule structure with supporting cells (non-parenchymal cells from endothelial and mesenchymal originals) filling the lining of the lobules (Fig. 11a ) [164] . The bioprinted liver construct demonstrated structural resemblance with its in vivo counterparts and exhibited functionality as indicated by long-term cell viability, stable secretion of liver biomarkers, and expression of cytochromes. A similar strategy was also used to fabricate hydrogel micro-robots in the form of micro-fish loaded with iron oxide nanoparticles in its head and platinum nanoparticles in its tail. Platinum nanoparticles decomposed H 2 O 2 that was present in water, which generated O 2 and propelled the micro-fish to move forward, in addition to the magnetic control enabled by iron oxide nanoparticles [160] .
Multi-material extrusion bioprinters have been significantly improved since the inception of the concept. Since the initial demonstration of the multi-nozzle system that was capable of fabricating hydrogel constructs from multiple materials [133, 165] , bioprinters now can simultaneously or sequentially extrude biomaterials of several categories including the conventional scaffolding polymers (e.g. PCL or PLA), hydrogel bioinks to function as a tissue mass, and sacrificial bioinks that serve as the fugitive template to achieve vascularization. A recent demonstration by Kang et al. proved that, by rationally integrating these different aspects into a bioprinting system, functional tissues at relatively large scales with vascularization, such as the mandible bone, calvarial bone, ear cartilage, and skeletal muscle could be obtained (Fig. 11b) [166] .
Advanced bioinks for 3D bioprinting
To further expand the capability of current 3D bioprinting technologies, various bioinks with tunable biochemical and biophysical properties are being developed to engineer tissue constructs with improved biomimetic features. The specific requirements of bioink characteristics depend innately on the type of 3D bioprinting technique and target tissue/organ, since different organs, such as heart, bone, skin or lung, have very different ECM compositions and biomechanical properties. Despite the development of various 3D bioprinting techniques, most of the previously developed bioinks focused on the extrusion-based bioprinting technique due to its high popularity, which posts high demands on the rheological properties of bioinks [125, 167] .
To design and develop advanced bioinks for various 3D bioprinting techniques, several important parameters have to be considered that dictate the interplay between different materials properties. These properties include viscosity for uniform cell encapsulation, shear-thinning behavior to improve printability and avoid the use of highly viscous inks, gelation kinetics for structural fidelity, viscoelasticity to protect cells from shear stress, and biocompatibility for supporting cell viability and growth [168] . In particular, to improve structural fidelity, the bioinks can be immediately crosslinked under biocompatible conditions during the printing process. Also, it is important that the bioinks possess biomimetic structural and remodeling aspects of the native ECM to support cellular adhesion, proliferation, and differentiation, which will enhance the function of resulting tissue constructs [169] . In this section, we will roughly divide the various reported bioinks based on the following categories: natural polymers, synthetic polymers, and nanocomposites.
Natural polymers that have been used to design bioinks including alginate, gelatin, collagen, fibrin/fibrinogen, gellan gum, HA, agarose, chitosan, and silk, in general, have promising properties, such as biocompatibility and biodegradability, as compared to synthetic polymers [170] . Alginate is an anionic polysaccharide and has been widely used in bioprinting due to its ultra-fast crosslinking with divalent cations and the sacrificial character, which allows for rapid gelation and feasible on-demand removal [171] . However, as alginate is a biologically inert material, it provides limited support for biological functions, such as cell attachment and growth. This challenge can be resolved by chemically modifying alginate with RGD peptide motifs [172] . Another solution is to physically blend alginate with other bioactive polymers, including fibrin, thrombin, collagen, gelatin, agarose, genetically engineered phages, or nanoparticles. The resulting hybrid alginate-based bioinks can show improved biological functions.
Another widely used natural polymer for bioprinting is gelatin, stemming from its excellent biocompatibility, biodegradability, low antigenicity, inclusion of integrin-binding motifs and matrix metalloproteinase sensitive motifs, good processability, and low cost [173] . In addition, the thermally reversible physical gelation feature of gelatin has been explored to design fugitive bioinks as described above. However, the direct printing of uniform and stacked gelatin fibers was found to be challenging due to the poor mechanical properties and poor stability at body temperature [174] . Blend bioinks based on gelatin have also been demonstrated, such as the cell-laden GelMA/HA bioink to challenge the issue [175] .
Collagen is the main structural ECM protein in our body. Several research groups have used collagen bioinks to print cell-laden 3D tissue constructs by using stereolithography, extrusion-based bioprinting, and microfluidic bioprinting systems [176] . In addition, collagen was also used in forms of mixture with agarose or alginate to improve the printability and structural integrity [177] . Recently, Yeo et al. fabricated multi-layered cell-laden lattices using a core-sheath nozzle and an aerosol crosslinking method. A cell-laden collagen-based bioink was delivered in the core region, while an alginate bioink was delivered in the sheath region, which created a mechanically robust and biologically functional structure (Fig. 12a) [178] . Fibrinogen is converted into insoluble fibrin catalyzed by thrombin in presence of Ca 2+ during the blood clot formation process. Both fibrinogen and fibrin are highly biocompatible, biodegradable, and non-immunogenic. In addition, its fibrous network can induce cell attachment and proliferation [179] . However, due to its weak and fragile nature of fibrin, to create robust and stable bioprinted 3D constructs from fibrin bioinks alone is challenging. Nevertheless, this challenge can be resolved by blending fibrin with other polymers, such as alginate, HA, collagen, PCL, or PEG, among others. For example, Gruene et al. utilized a cell-laden blend bioink composed of fibrinogen-HA to create a vascular-like network using stereolithography bioprinting for 3D assembly of multi-cellular arrays [180] .
Other natural polymers are used in combination with the above-mentioned polymers to generate bioinks with desirable rheological properties with improved shape fidelity of the bioprinted constructs. However, variations in viscosity tend to dramatically affect the printing resolution. Therefore, the development of modified natural polymers could potentially tackle these limitations as it can improve structural fidelity, tune physicochemical properties, and enhance tissue-remodeling functions of the bioinks, which is a crucial step towards successful bioprinting of engineered tissue constructs that truly mimic native tissues or organs.
Synthetic polymers have attractive properties, such as highly controllable mechanical strength and stability, as well as facile fabrication processes. Among various cytocompatible synthetic polymers, PEG is widely used to prepare bioinks. These materials can be easily tailored in various molecular parameters. However, it is often difficult for cells to grow into and remodel their synthetic polymer matrices. The introduction of enzymatically cleavable moieties can alleviate this challenge. Synthetic polymers have also been functionalized with RGD peptide motifs or growth factors to improve their bioactivity. Another approach to integrate bioactive characteristics is the incorporation of natural biopolymers, such as HA, collagen, gelatin, and fibrinogen with synthetic polymers. Daly et al. deposited PCL and hMSC-laden RGD-modified alginate hydrogel in a layer-by-layer manner to engineer an anatomically accurate cartilage template, which over time evolved to a proper bone organ in vivo (Fig. 12b) . In this study, printed PCL filaments were used as the framework to create areas for the deposition of cell-encapsulated alginate hydrogels [181] .
Mechanical properties of PEG hydrogels can be easily tuned by changing molecular weights or molecular architectures, such as linear or multi-armed, without inducing toxicity or immunogenicity. To date, PEG is probably the most popular synthetic biomaterial due to its water solubility, bioinert nature, ease of chemical modification. Rutz et al. utilized PEG derivatives to develop tunable bioink formulations that provided a wide range of mechanical and rheological properties (Fig. 12c) [182] . They produced PEGs with reactive groups (PEGX), which effectively acted as a crosslinker for various natural materials by reacting with amine groups. This approach was used for the printing of PEGX-PEG, PEGX/gelatin, PEGX-gelatin-fibrinogen, and PEGX-gelatinatelocollagen bioinks containing several types of cells. These results suggested that chemically modified PEG derivatives are a valuable candidate to tune bioink properties, enhance bioink choices, and control cell responses. Nanomaterials can be incorporated into polymer-based bioinks to provide valuable characteristics including shear-thinning behavior, unique bioactivity, electrical conductivity, and magnetic property. As such, nanocomposite bioinks represent a highly versatile platform for endowing bioinks with specific functions. As an example, Skardal et al. incorporated gold nanoparticles (AuNPs) into a thiolated HA hydrogel as a bioink to print vascular structures using an extrusion-based bioprinter [183] . The AuNPs showed an affinity to sulfur containing polymers, making them multivalent crosslinkers for thiolated molecules that enabled enhanced control over the bioprinting process. In another studies, electrically conductive silver (AgNPs) or gold (AuNPs) nanoparticles were introduced into an alginate or GelMA bioink to print 3D tissues including cardiac tissue and ears using extrusion-based bioprinting [184, 185] . Interestingly, the bioprinted ears were able to receive electromagnetic signals without interfering with the metabolic activity of the encapsulated cells. Furthermore, magnetic iron oxide nanoparticles were used as an additive in alginate bioinks, which allowed an additional level of magnetic control over the bioink during printing via an external magnetic field [186] . Nanocomposite bioinks are also highly suitable to steer stem cell differentiation. For instance, nanosilicates mixed with GelMA have been successfully explored as a bioink for bone tissue engineering (Fig. 13a) [187, 188] . Moreover, the nanosilicate/GelMA bioinks showed shear-thinning behavior, which was also utilized for the printing of complex-shaped micro-constructs.
Recently, decellularized-ECM based bioinks were developed by Pati et al. to better mimic the natural environments of encapsulated cells [189] . They successfully obtained high cell survival rate, type-specific gene expression, and specific ECM formation in bioprinted structures made of decellularized adipose, heart, and cartilage tissues. DNA hybridization is another novel way to make supramolecular bioinks for 3D bioprinting [190] . Li et al. developed a rapid in situ 3D bioprinting method using a supramolecular polypeptide/DNA hybrid hydrogel. They utilized two precursors: one containing a polypeptide-DNA conjugate and another containing the complementary DNA sequences as the linker (Fig. 13b) [191] . DNA hybridization between the complementary DNA sequences enabled fast gelation (within a few seconds). These scaffolds possessed high biocompatibility and selective degradability using either proteases or nucleases. Another recent trend is the use of cell pellets and microaggregates to prepare bioinks in order to achieve scaffold-free tissue growth. Spherical aggregates of Chinese hamster ovary cells were prepared and packaged into micropipettes [192] .
Until now, various synthetic and natural biomaterials, nanomaterials, cells, and their combinations have been used as bioinks to print complex and functional tissue constructs in vitro. Despite the significant advances, the development of novel bioinks that can temporally change their shapes and compositions to biomimic microenvironments of native tissue is challenging. The combination of advanced multidisciplinary technologies, such as click chemistry and stimuli-responsive biomaterials with advanced 3D bioprinting technologies may provide a new way to create functional complex tissues and organs.
Temporal control of hydrogel
In the past few decades, hydrogels have been developed to mimic the native ECMs and are commonly utilized as cell culture substrates, partly due to their high-water content, tunable material properties, and biocompatibility. As chemically or physically crosslinked network structures, hydrogels not only provide the mechanical support for cell attachment and survival, but can also present biophysical and biochemical cues to direct cell function. However, the native ECM of living cells is highly dynamic in nature and adapts its properties and structures through various biological processes to guide the response of the encapsulated cells to the changing microenvironmental conditions. This temporal control of the chemical and physical microenvironment of cells plays a vital role in tissue development, homeostasis, and pathology. To recapitulate this important dynamic feature, it would be ideal to develop strategies to temporally control the physical and biochemical properties of hydrogels, e.g., in terms of mechanical stiffness, degradation, as well as the presence of drugs and bioactive moieties. In this section, the conventional strategies and recent progress in advanced designs towards temporally controlled dynamic microenvironments of hydrogels is reviewed.
Delivery of drugs and growth factors
In addition to spatial modulations, temporal control (e.g. release of molecules) can be used to manipulate the behavior of engineered tissue constructs. During the last decades, hydrogels have evolved from robust cell-laden structural matrices for tissue engineering applications, to hybrid advanced delivery systems for controlled release of molecules, which can modulate cell microenvironment and develop therapeutic strategies. In this section, the implications of the burst release phenomena in hydrogels, as well as several controlled release modalities, such as on-demand, simultaneous, sequential and spatiotemporal molecular delivery will be discussed.
Burst release and controlled release systems
Much research has been dedicated to prevent the burst release of effector molecules from hydrogels to enable controlled release kinetics. However, it is noteworthy that for some scenarios an initial burst release may be acceptable or even desired. Burst release can be programmed to rapidly and locally deliver bioactive agents in a potentially favorable manner, as long as it is completely predictable to manage the risks related to any side effects or toxicity. It has been demonstrated that many therapeutics might benefit from burst release. For example, in the case of delivering antibiotics, an initial burst release can provide immediate relief, followed by a sustained release for prolonged anti-microbial activity [193] . Regardless, in many other cases, burst release is often considered problematic. As a large fraction of the hydrogel payload is rapidly released and metabolized, issues associated with toxicity or signal saturation might arise.
A principal cause of burst release in hydrogels is the incomplete or non-restrictive encapsulation of therapeutic agents. The use of low molecular weight drugs as payloads might lead to accentuated concentration gradients within the hydrogel system due to their small molecular size and osmotic pressure [194] . Depending on the compositions and properties of hydrogels, burst release can be present in different manners, as the release in drug delivery systems can be classified as chemically controlled, diffusion controlled, magnetically controlled, and swelling controlled [195] . In general, the release profiles of molecules encapsulated in the core region of the hydrogel matrix tend to be affected by the diffusion and permeation kinetics through the network. At the same time, chemical and biological compounds loaded via physical entrapment might in turn trigger expansion of the network structure and modification of the release kinetics of the system [196] .
Considering that a variety of parameters can govern the burst release process, it is important to study and explore predictive models in order to understand and prevent the release kinetics of several hydrogel formulations for its successful translation to clinical applications. Regardless, several strategies have been developed to modulate the burst release, such as those based on bio-nanocomposite surface extraction, double-walled microspheres, surface modifications, and different coating types [197] [198] [199] .
In order to modulate the burst release, Park et al. developed polyethyleneimine (PEI)-coated poly(L-lactic acid)/Pluronic blend matrices for controlled protein release [197] . They investigated the burst release of the matrices before and after an aqueous coating using an adsorptive water-soluble polymer, PEI. After the coating, the protein release kinetics were investigated and a remarkable decrease in the burst release accompanied by a significant extension in the release period was observed. Hezabeh et al. showed in their work that burst release is highly dependent on the degree of crosslinking and the mesh space available for drug diffusion [198] . In their work, the researchers formulated kappa-carrageenan/poly(vinyl alcohol) (PVA) crosslinked hydrogels using genipin as a crosslinker in order to control the release kinetics of b-carotene. Results showed that genipin can modulate and decrease hydrogel burst release as a result of the crosslinking and structural modification of the system. This phenomenon was dependent on genipin concentration changes during the formulation of the system, affecting the strength of the gel network and diffusion coefficient of the molecules.
Another strategy to prevent burst release was reported by Vasudev et al. by applying a chitosan/polyethylene vinyl acetate co-matrix embedded with aspirin and heparin for long sustained release [199] . In order to prolong the release profile and reduce the burst release, the researchers modified the matrices with hydrophobic moieties for effectively controlling burst release.
On-demand targeted delivery by triggered release systems
On-demand drug delivery has been a desired approach for several decades, as most therapeutic interventions could benefit from the controlled delivery of drugs. For patients, pharmaceutical compounds have specific clinical regimens, where on-demand technologies could enable drug dosage at any desired time and thus represent a better method to control therapeutic efficacy and patient care.
Bio-responsive hydrogels have been developed to meet this medical need and generate on-demand drug delivery systems. Several approaches that rely on stimulus, such as light [200] [201] [202] , ultrasound [203] [204] [205] , temperature [206] [207] [208] , or electricity [209] [210] [211] , have been developed to enable physicochemical responses in synthetic hydrogel materials for on-demand controlled molecular release, and some examples are discussed in the following paragraphs.
Hardy et al. described the development of stimuli-responsive needles based on hydrogels, which could control the release of ibuprofen via external light application [212] . The hydrogel needles were fabricated using a micromolding technique using HEMA and ethylene glycol dimethacrylate monomers along with ibuprofen and a light-responsive 3,5-dimethoxybenzoin conjugate to trigger drug release. The system was able to deliver three doses of ibuprofen over an extended period of time upon programmed light exposure. Ultrasound-triggered delivery systems have been developed using alginate hydrogels that displayed self-healing abilities after ultrasound pulses, which allowed on-demand delivery of mitoxantrone to breast cancer xenografts in mice to suppress tumor growth and reduce tumor size [212] . Thermoresponsive hydrogels using N-isopropylacrylamide and 1-vinyl-2-pyrrolidinone monomers have been synthesized for on-demand delivery of diclofenac sodium and procaine hydrochloride [206] . This hydrogel system responded on the thermally reversible gelation of the copolymer to tune the dissolution rate as a means to control the release of the drugs. An interesting electroresponsive on-demand technology was developed by Kulkarni et al., who demonstrated the use of poly(acrylamide-grafted-xanthan gum)-based hydrogels for transdermal delivery of ketoprofen [209] . When the hydrogel was positioned on the abdominal skin of a rat, external electrical stimulation could be used to achieve pulsated release and drug permeation through the skin by switching the electrical signals "on" and "off".
The development of on-demand delivery technologies represents a great opportunity to enable clinicians and patients a better control of drug dosage during different local pathological processes. In the near future, the advent of new smart materials could potentially boost the design of novel responsive hydrogel platforms that can be integrated with electronic devices towards more efficient administration of therapeutic molecules to the diseased sites. Moreover, although these systems are initially developed for the controlled release of drugs, they hold great value in tissue engineering applications for providing timely dosages of bioactive molecules.
Sequential and simultaneous multi-drug delivery
The field of tissue engineering and drug delivery has evolved from using simple hydrogel systems capable of releasing single molecules to designing advanced systems capable of releasing multiple molecules in a simultaneous or sequential manner [213] [214] [215] [216] [217] . The advancement in hydrogel fabrication techniques has extended our capacities to investigate biochemical signaling at the nanoscale level by the development of micro-and nanoscale delivery systems. The microgels can act as molecular reservoirs to sense the microenvironment and can be triggered by cellular behavior to release molecules in a controlled fashion [217] .
Notably, the spatiotemporal and sequential release of bioactive molecules has been useful in tissue engineering applications, since the natural tissue formation process relies on a well-controlled cascade of sequential exposure to different growth factors. As an example, Greenwood-Goodwin et al. developed a system capable of encapsulating two distinct growth factors and delivering them with different release profiles in order to sequentially promote adipogenesis and adipocyte maturation [218] . In this approach, a pro-adipogenic soluble factor fibroblast growth factor 1 (FGF1), and bone morphogenic protein (BMP)-4 were released from an arginine-based hydrogel system. Researchers showed that the dual release of these two growth factors within a 3D hydrogel system in a staged manner resulted in higher lipid accumulation compared to simultaneous delivery in 2D culture systems, and an upregulation of key genetic adipogenic markers, which were indicative of development and maturation of brown-like adipocytes that were prevenient from white fat tissues (Fig. 14a) .
Kempen et al. have also demonstrated that releasing distinct growth factors that regulate either angiogenesis or osteogenesis in a spatiotemporal and sequential manner could significantly enhance ectopic bone formation [219] . In their study, poly (lactic-co-glycolic acid) (PLGA) microspheres containing BMPs were embedded within a poly(propylene) scaffold, which was surrounded by a gelatin hydrogel matrix containing vascular endothelial growth factor (VEGF). After ectopic and orthotropic implantation in rats, the system exhibited an initial burst release of VEGF within the first 3 days and a sequential sustained release of BMP, resulting in ectopic bone formation and regeneration (Fig. 14b) . The spatiotemporal and sequential release of these factors enabled a proper signaling dynamics at the required time to guide cellular response, which showed enhanced tissue formation capacity of the hydrogel system.
The main challenge for simultaneous drug delivery is conferring drug synergy. While synergistic effects have been highly sought in conventional pharmacological approaches, they are rarely realized given the disparate pharmacokinetic profiles of drugs, different routes of administration, and their non-specific distribution in healthy tissues and organs. The development of hydrogel systems that are capable to locally deliver several drugs simultaneously has opened the possibility to remedy this clinical challenge and thus possesses great potentials to increase therapeutic efficacies of current treatment modalities. For example, Seo et al. demonstrated an enhanced therapeutic efficacy in the treatment of tumors using a chitosan-based hydrogel that could co-encapsulate and simultaneously release granulocyte-macrophage colony-stimulating factor with several anticancer drugs (doxorubicin, cisplatin, and cyclophosphamide) [220] . After implantation in a murine model of cervical carcinoma, tumor growth was significantly reduced in mice treated with hydrogels co-encapsulated with both doxorubicin and granulocyte-macrophage colony-stimulating factor, compared to other groups using hydrogels that had a single therapeutic agent (Fig. 14c) . Together, these examples have demonstrated the immense clinical potential of temporally controlled delivery kinetics in controlling tissue fate by delivering molecules in specific, user-defined, and timed fashion, which enables cellular modulation with great precision and at a molecular level.
Temporal biochemical modification of hydrogels
In native ECMs, growth factors and cytokines are ubiquitously dispersed throughout the network with unique and dynamic distributions, which are essential to direct cell function and fate. Therefore, hydrogel matrices for cell-based applications should also present biochemical and biophysical stimuli in a temporal manner to mimic this in vivo microenvironment.
To induce in vivo-like cell function in hydrogels, early efforts have been devoted to load bioactive species, such as proteins and growth factors homogenously within the network by directly loading them into the hydrogels. However, this simple strategy only worked well for molecules with sufficiently high molecular weights, which diffused slowly through the hydrogel meshes. Thus, immobilization onto the network backbone was required for small signaling molecules, such as small growth factors, cytokines, or peptides, to improve the functions of delivered molecules. In this section, we will introduce recent progress of biochemical modifications of the hydrogel to control temporal biochemical microenvironments.
Photoinitiated addition reactions
There are numerous studies to use photoinitiated reactions to control spatiotemporal characteristics. Hahn et al. reported some of the first examples to biochemically pattern hydrogels after gelation. In their study, the central idea was to take advantage of the residue photo-reactive groups after the photocrosslinking of PEGDA hydrogels. Peptide sequences holding an acrylate functional group was allowed to diffuse into the preformed PEGDA hydrogel, and further tethered to the network via new kinetic chain formation during the second irradiation [221, 222] . When combined with the two-photon laser scanning photolithography, this method was used to form biochemically functionalized channels within hydrogel matrices to direct cell migration [223] . Ligation of multiple bioactive molecules to the same hydrogel network combined with spatial control was also demonstrated by a multi-step patterning process to diffuse individual ligands into the hydrogel in a stepwise manner [224] .
The Anseth's group introduced sequential click reactions to temporal control of chemical microenvironment [225, 226] . They used strain-promoted alkyneÀazide cycloaddition (SPAAC) reaction, where the introduction of a difluorinated cyclooctyne moiety instead of the normal alkyne prevented the use of copper salt as the catalyst. As a result, the crosslinking reaction could take place at physiological conditions to result in an "ideal" step-growth network structure. In situ cell encapsulation was also demonstrated with high viability. After the formation of the click hydrogel, the pendant alkene groups on the matrix metalloprotease (MMP)-cleavable peptide crosslinker could be patterned using photolithography techniques and thiol-bearing molecules. Importantly, by using PEG prepolymers with different molecular weights, mechanical properties of the patterned network could also be tuned independently, thus providing a user-defined system to study spatiotemporal cell-material interactions [226, 227] .
The idea to use click reactions in preparing the hydrogels provides more well-defined spatiotemporally controllable chemical network structures. For example, Fairbanks et al. first reported the use of the photoinitiated thiol-norbornene click reaction to fabricate PEG hydrogels. Different from the chain polymerization of PEGDA or other multi-armed PEG acrylates, this click reaction resulted in step-growth crosslinked networks with much less defects and structural heterogeneity [228] . Moreover, temporal control of chemical hydrogel chemical microenvironments could be realized by adding a slight extra amount of the norbornene groups during the photocrosslinking. Afterwards, the remaining norbornene groups can be modified in a second step to biochemically pattern the hydrogel in 3D. The thiol-bornornene chemistry was also applied to fabricate 3D patterned HA-based click hydrogels [52] . By combining click chemistry with electrospinning, the authors were able to investigate the competing and/ or synergetic effects of fibrous orientation and temporal biochemical modification on cell spreading [17] . The concept of click hydrogel systems was expanded to the tetrazine-norbornene [229] and the furyl-maleimide Diels-Alder reactions [230] , which could proceed at physiological conditions to result in well-defined hydrogel networks with 3D patterning capability.
From the chain-growth polymerization of methacrylated polymers to the well-designed click hydrogels, recent progress in click chemistry offers unprecedented opportunities towards the fabrication of hydrogels with precise chemical structures and spatiotemporally controllable biochemical properties. It is believed that further advances in this direction could lead to better in vitro models for mimicking ECM as well as valuable understanding in cell-material interactions.
Photocleavage reactions
Photoinitiated reactions offer unique advantages for spatiotemporal control over hydrogel modification. Photo-reactions applied in dynamic biochemical modifications to hydrogels can be roughly classified into two categories: 1) an addition reaction takes place upon irradiation to conjugate molecules to hydrogels [221] , and 2) chemical bonds are broken by photo-induced cleavage to uncover the reactivity or bioactivity of caged moieties preexisting in hydrogels [231, 232] . Both approaches have been demonstrated with the capability to achieve dynamic chemical regulation of hydrogel properties in the presence of cells to direct their behaviors.
Luo et al. first reported the use of photoliable hydrogels to achieve spatiotemporal control of biochemical modifications within preformed hydrogel matrices [233] . They used an agarose-based hydrogel functionalized with protected cysteine moieties by 2-nitrobenzyl groups. Upon UV irradiation, the protection groups could be cleaved to release the reactive thiol groups. Bioactive molecules (e.g., RGD sequences) bearing maleimide tags were diffused into the hydrogel and reacted in situ with the free thiols for immobilization. Using photolithography techniques, patterned existence of thiol groups within selected volumes of the hydrogels could be readily achieved via focused laser, thus enabling the formation of 3D biochemical channels (Fig. 15a i-iii) . In vitro cell culture experiments demonstrated that controlled presentation of RGD motifs could direct 3D growth of neural cells (Fig. 15a iv-vi) . Similar results of 3D channel patterning and directed cellular behaviors were observed in an HA-based hydrogel system [234] . Moreover, this technique was proven to be compatible with protein loading to achieve patterned presence of proteins at selected volumes within the hydrogel matrices [235] . In addition, it was reported that coumarin derivatives could replace the nitrobenzyl group as the photoliable protection for thiol groups, which opens up more possibilities for designing desired functionalities [236] . Later, Aizawa et al. studied the proliferation and immigration of endothelial cells within agarose hydrogels patterned with cell adhesion peptides and VEGF. Tubule-like structures were observed that followed the guidance of a VEGF gradient in the hydrogel, suggesting a practical approach to grow vascular networks in vitro [237] .
The presence of multiple different biomolecules at different places within the ECM is a crucial aspect of native ECM and is imperative to control cellular behaviors. Interestingly, the cagedthiol based technology has been demonstrated to simultaneously immobilize different full-length proteins at desired places within the hydrogel [238] . In this study, Wylie et al. applied the agarose hydrogels containing coumarin-protected thiol groups. They selected two pairs of recognizing moieties, namely barnasebarstar and streptavidin-biotin, to assist the multi-protein patterning of amino-terminal sonic hedgehog (SHH) and ciliary neurotrophic factor (CNTF) (Fig. 15b) . By applying two consecutive 3D photocleavage steps, barnase and streptavidin were tethered to the agarose network as the binding sites for fusion proteins of barstar-SHH and biotin-CNTF, respectively [238] . The ability to achieve simultaneous patterning of multiple proteins provides a step further towards the fabrication of complex synthetic ECM mimetics for various biomedical applications.
Although elegant, the 3D patterning of full-length proteins using the specific interactions between binding pairs introduced additional factors and required engineered proteins to include the recognition sequences. To mimic the generic process of protein loading on ECM, Mosiewicz et al. developed a photo-patterning technique via enzyme-catalyzed coupling reactions [239] . They incorporated a designed peptide containing an o-benzyl-protected lysine residue into PEG hydrogels, which, upon photo-deprotection, was the substrate of the transglutaminase factor X to couple biomolecule loads via the g-carboxamide group on a glutamine residue (Fig. 15c) . This method could ligated a myriad of proteins with the PEG network under mild conditions, which suggested that it could represent a powerful method to fabricate complex hydrogel matrices with spatiotemporal control over protein distribution [239] . A similar approach was reported by Griffin et al. to prepare hydrogels with 3D protein patterns in the presence of cells [240] .
In addition, the photoliable groups can also be used to deactivate the functions of bioactive moieties, which could be temporally activated upon removal of the protection groups. Lee et al. reported the light-triggered activation of a cyclic RGD peptide to control cell behavior in both in vitro and in vivo models (Fig. 15d ) [241] . By selectively removing the nitrobenzyl protection group on the aspartic acid residue via UV irradiation in a spatiotemporally controlled manner [242] , the activated RGP motifs can promote several processes including cell adhesion, inflammation, and vascularization. Importantly, although suffering from attenuation and scattering issues, the UV-triggered control over patterned hydrogel activation could be realized in vivo through transdermal UV light exposure, thus suggesting feasibility for translation in biomedical applications [241] .
The use of photocleavable groups in the temporal tuning of biochemical properties of ECM-like hydrogels holds great potentials as it simultaneously allows for spatiotemporal control of chemical microenvironments. Potential future directions could be the development of more photo-sensitive motifs that can respond to light of different wavelengths [243] . Especially, the use of NIR light could benefit the in vivo applications due to its excellent penetration through tissues [243] .
Reversible tuning of biochemical properties
The complexity of native ECM is further reflected by not only the presence of certain signaling molecules but also the removal of them at proper time points. Therefore, it is of great interest to develop strategies towards reversible tuning of the ligation and release of bioactive moieties, such as the cell-adhesive RGD peptide sequences to control cell spreading and migration, in the hydrogel microenvironment [244] .
To achieve this, an elegant combination of photocleavable linkages and the biorthogonal, 3D-patternable click hydrogel systems was reported. A benzyl ether linker was introduced between the thiol groups and the bioactive motifs [245] . 3D patterning of the click hydrogels could be finished with a visible light source [226] , while the photocleavage was realized under UV light. Using this design, the authors demonstrated patterned addition and subsequent removal of the bioactive molecules within the hydrogel network [245] .
Recently, another study reported fully reversible patterning of full-length proteins in a synthetic click PEG hydrogel system. Here the hydrogel network was formed by the SPAAC reaction, functionalized with benzyl ether-protected alkoxyamine groups [246] . As the first step, selective cleavage of the protection groups permitted protein ligation via the oxime bond formation. Moreover, treatment of proteins with a special linker molecule with both o-benzyl ether linkage and aldehyde groups enabled both controlled photo-patterning and photocleavage. Dual protein patterning was demonstrated with selective subsequent removal of each individual component. The reversible presence of biochemical cues represented a step forward in our capability to spatiotemporally control hydrogels.
Gandavarapu et al. developed another reversible ligand exchange strategy for dynamic modulation of biochemical motifs [247] . The authors reasoned that allyl sulfide functional groups could be applied to achieve reversible exchange of functional moieties, due to the fast equilibrium switching when the allyl sulfide group was attacked by a thiyl radical [247] . By consecutively adding new thiolated ligands and a photoinitiator, the present motifs could be in situ replaced via an exchange reaction mechanism. Co-patterning of multiple ligands could be possible by careful kinetic control of the exchange reaction. These seminal examples illustrated the concepts and potential methods towards fully reversible control of the dynamic presentation of biochemical cues in hydrogels.
Temporal biomechanical modification of hydrogels

Mechanical stiffness modulation
During the past decade, the effects of mechanical cues in cellular microenvironments to direct cell behaviors have gained increasing attention. Mechanotransduction, which refers to the process to transfer mechanical stimuli to chemical or electrical signals, has been found to play important roles in dictating cell proliferation and differentiation. Engler et al. first identified that the in vitro differentiation of MSCs could be tuned by merely changing the mechanical stiffness of the culture substrate [248] . Lineage specification affected by substrate mechanical characteristics was attributed to nonmuscle myosin II, which is an actinbinding protein that controls cell adhesion and migration. Moreover, a recent study revealed that stem cells might potentially possess mechanical memory by sensing and storing the mechanical information from culturing history, which could determine their fate at a later stage [249] . These results highlight the necessity to develop strategies to temporally control the mechanical properties of hydrogel matrices in cell culture studies.
The mechanical strengths of hydrogels rely on its crosslinking density. Therefore, hydrogel stiffness can be increased or decreased with time by increasing or decreasing the number of crosslinking sites. To obtain hydrogels that can stiffen over time, several approaches have been explored. For example, Young et al. reported the use of a kinetically slow crosslinking reaction to achieve hydrogel stiffening within a time scale that is reminiscent of tissue development [250] . In their study, they characterized the crosslinking kinetics of thiolated HA with a PEGDA crosslinker of different molecular weights and found a hydrogel formulation that gradually stiffened from 1 kPa to 8 kPa over a period of two weeks. This kinetic evolution was similar to the tissue elasticity evolution during the development of a chicken heart, which resulted in enhanced cardiac cell marker expression of cells cultured on the dynamic hydrogels. Despite of this elegant design, the reaction kinetics between the thiol and acrylate groups are fixed by the reaction conditions and offer little space for further manipulation.
Sequential multi-step crosslinking mechanisms towards temporal tuning of hydrogel stiffness have also been explored via usertrigged methods, which allow for abrupt changes in hydrogel stiffness at precise points post-gelation. Photopolymerization has traditionally been one of the powerful methods to prepare chemically crosslinked hydrogels, which allows convenient spatial and temporal control of the crosslinking reaction. Importantly, the degree of photopolymerization is dependent on the light irradiation dose [251] . As a result, it is possible to take advantage of the dose-dependent crosslinking density, which leaves unreacted functional groups within the hydrogel matrix, which can be subsequently crosslinked in a second step to increase mechanical strengths at a time point of choice [251] [252] [253] [254] [255] [256] [257] .
Khetan et al. reported a novel sequentially crosslinked hydrogel system towards spatial and temporal control over hydrogel compositions and properties [252] . They synthesized an acrylate-modified HA, which could be crosslinked via the addition reaction using peptide crosslinkers with two end-capped thiol groups and a MMP-cleavable sequence. This first crosslinking step generated hydrogels that allowed cell remodeling by breaking the peptide crosslinkers. By tuning the feed ratio of the peptide crosslinker, a portion of the reactive acrylate groups remained unchanged after the first crosslinking reaction, which permitted a second crosslinking by photopolymerization (Fig. 16a) . The resulting double-crosslinked hydrogels were mechanically stiffer than their precursor hydrogels, and the enzymatically inactive crosslinking sites blocked the cell spreading via matrix remodeling [252] . This study provided the possibility to manipulate cell behaviors through temporal control over matrix properties. Moreover, this system was also compatible with spatial patterning procedures due to the application of the photopolymerization technique. Besides tuning cell spreading, the authors further demonstrated that the spatially patterned hydrogels could lead to entirely different adipogenic/osteogenic fate of encapsulated MSCs through spatiotemporal control of hydrogel crosslinking modes [254] .
Stiffening the HA hydrogels via a second photocrosslinking mechanism provided a unique and dynamic platform to investigate the effects of abrupt changes in matrix stiffness on cellular behavior and responses, given the fact that matrix stiffening in native ECM might be related to tissue regeneration or disease development. Using this platform, Khetan et al. investigated the cell responses to matrix stiffening in both short-term and longterm time scales in 2D models (Fig. 16b) . Their results indicated that MSCs cultured on the stiffened hydrogels could sense stiffness changes quickly and showed increased area and traction within hours of the second crosslinking [254] . On the other hand, when MSCs were cultured in a mixed medium that supported both osteogenic and adipogenic differentiation, the differentiated cell populations demonstrated interesting dependence on the cultured time over hydrogel matrix with different stiffness. MSCs cultured longer on softer matrix tended to differentiate towards adipogenic lineage, while early stiffening of the hydrogels resulted in preferred osteogenic differentiation [254] . These results were consistent with the discovery that stem cells could hold memory of mechanical information [258] .
It should be noted that the secondary crosslinking by photopolymerization of acrylate groups not only stiffened the HA-based hydrogels, but also introduced more non-degradable crosslinking sites. This temporal change of degradability along with mechanical characteristics in the HA-based dynamic hydrogel systems was found to influence stem cell differentiation in 3D cell culture [253] . Khetan et al. further revealed that when encapsulated in this HA hydrogels, differentiation of MSCs showed dependence on the generation of cellular traction due to degradation of the matrix, which was found to be independent of hydrogel stiffness and cellular morphology. In particular, even at identical hydrogel elasticity, when embedded in an MMP-degradable HA hydrogels after the first crosslinking, MSCs exhibited high traction and enhanced osteogenesis; on the other hand, the secondary crosslinking resulted in hydrogels with restricted cell-mediated degradation, and preferred adipogenesis of encapsulated MSCs [253] . These findings provide more information to understand cellbiomaterial interactions in 3D dynamic, biomimetic microenvironments.
With this dynamic biomaterials-based in vitro cell culture model that recapitulates in vivo ECM stiffening, both Burdick and Wells groups investigated how the differentiation of hepatic stellate cells (HSCs) was influenced by matrix stiffness. Differentiation of HSCs into myofibroblasts has been closely related to tissue fibrosis, which might be partially attributed to ECM stiffening during disease development. Their results confirmed that HSCs cultured on stiffer hydrogels ($24 kPa in elasticity) expressed higher levels of alpha-smooth muscle actin (a-SMA) and type I collagen, as compared to HSCs on softer hydrogels ($2 kPa) [255, 257] . These results suggest that the dynamic nature of such hydrogels could be leveraged to study biological processes related to ECM stiffening in vitro; a feat that is not easily achieved in traditional static hydrogels.
In situ stiffening of hydrogels to tune cellular behavior has also been demonstrated by Marby et al. in a PEG hydrogel system with MMP-cleavable peptide crosslinkers. Stiffening of cell-laden PEG hydrogels was achieved by diffusing 8-arm PEG derivatives into the base hydrogel to form the second crosslinking network. Responses of valvular interstitial cells encapsulated in 3D hydrogels to the mechanical change were evaluated to reveal different behaviors with those from 2D cell culture models [259] . Recently, dynamic hydrogels capable of in situ secondary crosslinking was obtained by using an ABA-triblock copolymer. The A-blocks were modified with coumarin side groups, which could undergo photodimerization upon UV irradiation to introduce additional crosslinking sites. The UV-initiated crosslinking reaction led to varied viscoelastic properties of the hydrogel matrix, which was found to influence the behavior of encapsulated cells [260] . However, as the photodimerization reaction of coumarin moieties is kinetically slow and of relatively low efficiency, potential cell damage associated with long-time exposure to UV light could be a potential concern.
Controlled hydrogel degradation
In contrast to the temporal increment of hydrogels' mechanical properties, strategies to modulate degradation of hydrogels were also developed to weaken hydrogels over time. Early attempts towards controlling the degradation properties of hydrogels focused on the tunability of degradation kinetics through the design of proper hydrolytically or enzymatically degradable crosslinkers. For example, the introduction of short polyester oligomers (such as oligo(lactic acid) or oligo(glycolic acid)) adjacent to crosslinking sites has been demonstrated to tune the hydrolytic degradation rates of hydrogels based on PEG [261] [262] [263] , PVA [264] , or HA [265] . Depending on the lengths of polyester oligomers, crosslinking density, as well as the feed ratio of degradable and non-degradable macromers, degradation profiles of the engineered hydrolytically degradable hydrogels could be tuned from weeks to months. Using these model systems, the effects of hydrogel degradation profiles on behaviors of encapsulated cells were investigated using different types of cells including chondrocytes [266, 267] , osteoblasts [268] , neural precursor cells [234] , and MSCs [265] . However, the major drawback of hydrolytically degradable hydrogels is that the intrinsic degradation properties of the engineered hydrogels are merely dependent on precursor formulations, and do not readily allow for on-demand control of hydrogel properties.
User-defined degradation of hydrogels over time was further explored using hydrogels crosslinked with specific peptide sequences, which were substrates of specific enzymes secreted by encapsulated cells or added exogenously towards controlled cleavage of the crosslinking sites [269] [270] [271] [272] . As an example, MMPcleavable peptide crosslinkers have been used in the temporally tunable HA-based hydrogels as described above [252] [253] [254] [255] [256] [257] . Besides MMP-sensitive peptides, peptide sequences that are subject to proteolytic cleavage by other enzymes, such as collagenase [269] , plasmin [273] , among others, have also been developed. One unique feature of enzymatically degradable hydrogels is the tunability of proteolytic kinetics through screening of a library of peptide sequences, which allows feasible tuning of degradation kinetics for particular requirements [274] . Nevertheless, proteolytic degradation by either cell-secreted or exogenous enzymes still cannot provide spatially precise control over for patterned degradation. Moreover, the use of exogenous proteins might potentially induce adverse effects in cell behavior.
Similar to photoinitiated crosslinking to stiffen hydrogels, photodegradation of hydrogels could also offer advantages like precise spatiotemporal control, compatibility with cell encapsulation, and triggered tuning of hydrogel properties. In particular, the nitrobenzyloxycarbonyl group is among the most commonly used photocleavable motifs, which can degrade into an aldehyde and a carboxylic acid parts upon UV light activation. Johnson et al. investigated the photodegradation of model PEG hydrogels that contained nitrobenzyloxycarbonyl linkages, and confirmed the structures of polymer fragments after photoinduced cleavage of the networks [275, 276] .
Kloxin et al. first investigated the on-demand modulation of physical and chemical properties of a PEG hydrogel via photoinduced degradation, and demonstrated the effects of temporal changes in hydrogel properties on behavior of encapsulated cells (Fig. 17a) [277] . In addition, the incorporation of a photocleavable tether allowed triggered release of certain functional pendant moieties. Coupled with a two-photon laser scanning microscope, 3D patterned features can be readily created within the cell-laden hydrogels by arbitrarily controlling the laser focus to achieve localized degradation [278, 279] . As a result, the creation of hollow 3D channels within the hydrogel promoted directed cell immigration along the edge of channels. This unique system provided unprecedented feasibility for in situ modulation of hydrogel properties, and precise spatiotemporal patterning of biophysical and biochemical cues in the cell microenvironment. For example, using this hydrogel system, Kloxin et al. observed that the substrate elasticity of the dynamic hydrogels could direct differentiation of valvular interstitial cells through creation of a hydrogel film with a gradient of mechanical stiffness [280] .
With modifications to prepolymer structures and crosslinking reactions for primary network formation, this platform could be used towards fabrication of cell culture matrix with gradient degradation, patterned surface erosion, as well as 3D interconnected local erosion, which could serve as excellent in vitro models to isolate individual factors to study cell-material interactions and cell behaviors [281] [282] [283] [284] [285] . For example, McKinnon et al. reported a photodegradable step-growth PEG hydrogel based on the SPAAC reaction [285] . Temporal control over localized photodegradation of hydrogel was applied to direct the growth direction of encapsulated ESC-derived motor neurons, suggesting that temporal dynamic hydrogels are useful cell culture models for in vitro formation of neural networks. In another example, Kloxin et al. revealed that the combination of both photolabile motifs and enzyme-degradable peptide crosslinkers could interestingly offer more dimensions towards spatiotemporal control of cellular microenvironments [286] .
Based on the photolabile nitrobenzyloxycarbonyl motifs, DeForest et al. further proposed a chemical strategy to achieve independent spatiotemporal control over both biochemical photoconjugation and biophysical photodegradation in a single hydrogel system crosslinked via cytocompatible SPAAC click chemistry (Fig. 17b) . A peptide crosslinker bearing both a photocleavable nitrobenzyl ether linkage and a photo-reactive alkene group was synthesized and crosslinked with a four-armed PEG crosslinker with cyclooctyne moieties [287] . After hydrogel formation, biochemical cues can be feasibly introduced via the photoinitiated thiol-ene reaction in a spatially controlled manner. The controlled degradation was modulated through photocleavage of the nitrobenzyl ether linkage, similar to the techniques described above. Using this system, it was observed that NIH/3T3 fibroblasts encapsulated in a fibrin clot trapped within this dynamic hydrogels could only outgrow and fill the hollow channels when they were modified with chemical cues (RGD motifs) [287] . This study offered opportunities to create more complex 3D cell culture models to direct cell behavior towards fabrication of tissue constructs.
The nitrobenzyl ether linkage has also been utilized in other platforms to introduce dynamic modulation of network degradation. For example, Truong and Tsang et al. investigated dynamic hydrogels based on gelatin and PEG crosslinkers [288, 289] . An organogel system containing the o-benzylether motifs based on ring opening metathesis polymerization (ROMP) was demonstrated to degrade into fluorescent polymer fragments upon UV irradiation [290] . Besides the most widely used nitrobenzyl ether linkages, other photoresponsive motifs have also been developed. When combined with other hydrogel systems, diverse dynamic hydrogels have been reported to enrich the toolbox for in vitro cell culture models. For example, Azagarsamy et al. developed a novel coumarin methylester-based photocleavable unit that responded to different UV wavelengths than nitrobenzyl ether [244] . The combination of both photolabile units allowed wavelengthcontrolled orthogonal release of molecular loadings from the hydrogel matrix. A new type of dynamic hydrogel based on this coumarin motif has been investigated to reveal the fundamentals of the degradation kinetics and optimization for property modulation [291] . To overcome the light attenuation problem associated with nitrobenzyl ether and coumarin-based photocleavable moieties, a novel photodegradable and photoadaptable PEG hydrogel has been reported, which relied on the reversible fragmentation and addition of disulfide bonds in the presence of free radicals. Rapid degradation of hydrogel specimens with millimeter thickness was demonstrated, along with the capability of photo-healing due to the disulfide bond rearrangement through photo-activation [292] . The development of novel photocleavable motifs is expected to lead to diverse selections of dynamic hydrogel systems for advanced spatiotemporal control over hydrogel properties and cell-material interactions.
Reversible tuning of hydrogel mechanical properties
Despite of the recent progresses in the development of hydrogels to mimic the dynamic nature of native ECM, the examples of dynamic hydrogels discussed above showed only increasing or decreasing mechanical stiffness over time. Considering that the elasticity of ECM could fluctuate during various biological processes, it is thus of interest to prepare hydrogels that recapitulate the reversible dynamic nature of cell microenvironments in native tissues. Although hydrogels that reversibly respond to external stimuli has been well explored [293] [294] [295] [296] , reversibly tunable hydrogels that are prepared and tuned under physiological or cytocompatible conditions are limited. Yoshikawa et al. reported a pH-responsive hydrogel that showed a reversible change of mechanical stiffness by varying the pH between 7.0 and 8.0. The hydrogel was based on an ABA triblock copolymer, with the A block being the pH-sensitive poly(2-(diisopropylamino)ethyl methacrylate) (PDPA) and the B block being the poly(2-(methacryloyloxy)-ethyl phosphorylcholine) (PMPC) [297] . Interestingly, when the pH was adjusted from 7.0 to 8.0, elasticity of the resulting hydrogel showed a 40-fold increase (from $1 kPa to 40 kPa), which was found fully reversible with reversible pH changes. Due to the sharp and reversible change under cytocompatible conditions, this system was applied to culture myoblast cells to investigate the effects of substrate elasticity on cellular behavior. Cells exhibited enhanced stress fiber formation and flattening on stiffer hydrogels as compared to softer hydrogels [297] . Importantly, the cell morphology on this hydrogel substrate was also found to be fully reversible along with the change of substrate elasticity, which provided new insights in the mechanobiology of cells.
The Langrana's group reported a series of hydrogels with DNA crosslinking sites enabling a reversible change in mechanical rigidity modulated, which was modulated by the introduction of additional DNA crosslinkers [298] [299] [300] . In their design, the initial hydrogel network was crosslinked by DNA recognition, which resulted in extra single-strands within the system. Subsequently, the addition of another single-stranded DNA crosslinker (the fuel strand) with a toehold region could form further crosslinking sites to stiffen the hydrogel. Reversible change of hydrogel properties could be achieved by the addition of a second DNA strand complementary to the fuel strand to generate waste double-strand DNA byproducts and restore the initial state of hydrogels [298] . This DNA-crosslinked hydrogel system was used to investigate effects of substrate stiffness on fibroblasts [299] and neuron cells [300] . However, the presence of exogenous DNA might affect cell signaling and functions.
A composite hydrogel composed of type I collagen and alginate were reported as a dynamic hydrogels with switchable properties [301] . The type I collagen composite provided cell adhesion sites and a moderate degree of crosslinking through fibril formation; the alginate could bind to calcium ions to further crosslink the hydrogel. Interestingly, it is known that calcium ions could be removed by sodium citrate to uncrosslink the alginate, and the reversible process was compatible with cell encapsulation [301] . It was revealed that encapsulated fibroblasts could only spread in pure collagen hydrogels or inside the composite hydrogels with uncrosslinked alginate. Upon crosslinking with calcium ions, the Reproduced with permission from: (a) Ref. [277] , (b) Ref. [287] . cells were trapped in the matrix without the capability to spread or immigrate.
Dixon et al. modified the collagen/alginate composite hydrogels to investigate effects of 3D microenvironments on the self-renewal and differentiation of encapsulated hiPSCs [302] . It was found out that the microenvironment with alginate crosslinked by calcium ions could enhance self-renewal of hiPCSs. However, when the alginate was washed away to switch the matrix to a collagendominant microenvironment, hiPSCs were found to undergo enhance differentiation towards specific lineages. Interestingly, the switching time of matrix properties was identified to influence the differentiation of encapsulated hiPCSs. This study highlighted the potential applications of dynamic hydrogels for in vitro culturing of human stem cells and tissue regeneration [302] . As an elegant design to recapitulate the 3D dynamic cell microenvironments, however, this system lacked precise spatial control over the reversible regulation of mechanical properties.
Stowers et al. successfully engineered a photo-modulation strategy to demonstrate spatiotemporal control of mechanical stiffness of alginate-based hydrogels [303] . Instead of directly adding calcium ions as the crosslinker or chelators agents to crosslink alginate, the authors loaded calcium or chelator molecules along with gold nanorods in separate liposomes, which can be activated via irradiation with NIR light to induce elevated temperature for controlled release. The photo-activated release permitted both spatial and temporal control of stiffness changes in the hydrogels, resulting in matrices with patterned or gradient compositions and mechanical characteristics, which could be utilized as in vitro models to investigate cellular behaviors. More importantly, the use of NIR light to trigger the mechanical change allowed the transfer of this technology to in vivo models, due to the penetrating capability of NIR light.
Dynamic tuning of hydrogel properties based on photoreversible reactions is an attracting strategy due to the convenient features related to photo-activated reactions. However, early attempts to develop hydrogels with photo-switchable properties relied on the photodimerization and photocleavage of certain motifs [304, 305] , which required high light intensity and the use of short-wavelength UV light. Therefore, these harsh conditions are not compatible with cell encapsulation. Recently, a hydrogel platform with photo-responsive elastic properties by introducing azobenzene moieties into the crosslinker has been reported [306] . The resulting PEG hydrogels showed reversible stiffening and softening behaviors by multiple light stimuli processes due to the photoisomerization of the azobenzene motifs. The softened hydrogel with cis-isomers of azobenzene could be maintained for several hours before thermally converted to the more stable trans-isomers. This dynamic hydrogel offered a non-invasive approach to reversibly tune hydrogel rigidity without the necessity to adding reagents to the system.
Besides these examples, many other strategies to fabricate dynamic hydrogels with reversible biophysical features have been reported. For example, genetically engineered protein-based hydrogels showed the potential to transfer the change in protein conformation to differences of the macroscopic properties of hydrogels [307] [308] [309] . Very recently, dynamic hydrogels that were responsible for external magnetic field were demonstrated with stiffness change of several orders of magnitude, which could be applied to modulate stem cell behavior including osteogenesis and secretion of proangiogenic molecules [310] . These novel approaches might find important biomedical applications due to the versatility and tunability of these systems.
Hydrogel-based actuators
In addition to the spatial biochemical control, many advances have been made in controlling the biophysical character of biomaterials. In is of note that biophysical control over hydrogels can effectively create actuators. Most commonly this is achieved by controlling the hydromorphic behavior of the hydrogel's polymeric network. Temperature [311] , electricity [312] , pH [313] , magnetism [314] , ionic strength [315] , and light [316] can be used to contract or expand a hydrogel's polymeric network. Hydrogels can actuate in a homogenous manner to shrink or swell to enable an omnidirectional volume change or in an inhomogenous manner to enable complex hydrogel deformation such as bending, folding, twisting or curling. The controlled deformability allows biomaterials to grip objects [313, 317] or move on substrates [311, [318] [319] [320] . For example, Kim et al. reported that L-shaped hydrogels of PNIPAAm containing cofacially oriented unilamellar electrolyte titanate (IV) nanosheets could be motivated to undergo unidirectional locomotion via controlled volumetric alterations by leveraging its anisotropic electrostatic properties [311] . Regardless, many of the current hydrogels can only generate slow deformations or low level of mechanical forces, which limits their direct implementation in various approaches. Several novel hydrogel systems aim to address these limitations. Yuk et al. reported on the fabrication of serially connectable hydraulic actuator units based on polyacrylamide (PA)-alginate hydrogel, of which the design was inspired by the sea animal leptocephali [321] . This approach provided short response times (<1 s) and with high forces (>1 N). Based on their functionality, hydrogel-based actuators are expected to advance the engineering of soft-robots and tissues e.g. muscles via biologically inspired designs.
Future perspectives
Biomaterials with multiple length scales
Native tissues have precise control over cell behaviors via an arsenal of stimuli that spans across multiple length scales. Developing functional multiscale materials that provide predesigned cues to cells at the nano-(atomic and molecular-sized), micro-, and macroscale in a unified architecture is a prerequisite toward truly biomimetic biomaterials (Fig. 18) [322] . As discussed in previous sections, the engineering strategies to gain spatiotemporal control over biomaterials through sophisticated chemistries and fabrication techniques are expected to pave the way for the realization of such biomimetic systems. The concept of bottom-up tissue engineering offers a promising pathway to generate multiscale structures via assembling heterogeneous synthons, such as proteins, nucleic acids, cells, nanoparticles, and other bioactive components within the cell-laden hydrogel matrices [66, 78, [323] [324] [325] .
The hierarchical arrangement of nanoscale compartments in a microscale unit is crucial to achieve the desired mechanical, physical, and chemical characteristics of the multiscale materials. Such precise hierarchical arranging of, for example, cells inside the tissue eventually outline the cell-cell contacts and paracrine signaling to dictate cellular behavior and subsequently construct function. Such harmonic performance requires contribution by all compartments to the functioning of the construct. The hierarchical organization in spider silk represents an elegant example, as its properties depend on atomic/molecular level (i.e., electron density), nanoscale (i.e., hydrogen bonded b-sheet nanocrystals) and microscale (i.e., hetero-nanocomposite of rigid nanocrystals assembled in core-shell structure) structural features to form silk fibrils, which allow structuring patterns on the macroscale [326] . Creation of sophisticated multiscale units not only necessitates the understanding of interactions ranging from molecular level to macro scale, but also permits reconstruction and reengineering of the complexity that nature has developed over billions of years. As yet, several strategies have been developed to fabricate multiscale architectures, which have provided new opportunities to mimic the organization of native tissues to realize biomimetic engineered tissue constructs.
Supramolecular chemistry based on biomacromolecules in which biological information can be loaded using self-assembling units of DNA or proteins represent a promising method to engineer multiscale structures. It has been shown that the supramolecular structures can be constituted from single-stranded ss-DNA and peptides (e.g., RGDs), which offered a facile pathway to investigate the effects of nanotube architecture and peptide bioactivity in cellular function (Fig. 19a) [327] . DNA origami is another promising approach to create nanoarchitectures and decorate specific functionalities at precise and controlled locations, which not only can help to understand the function of individual moieties, but also can controllably emulate cellular microenvironment. It has been shown that the precise positioning of ephrin-A5 in nanofabricated DNA origami scaffolds can regulate the degree of activation in EphA2 receptor in human breast cancer cells and control the invasive characteristics of cancer cells [328] . This opens a unique opportunity to control the nano-organization and macroscale function by spatially positioning ligands for the activation of specific receptors to dictate cellular behavior.
Electrospinning has proven to be a practical method to fabricate nanoscale fibers of wide range of materials in a facile step. However, premade nanofibers might find novel application when merged in bioinks to afford macroscale hydrogel constructs with nanoscale spatial control. It has been shown that solutions of nanofibrillated cellulose had excellent shear thinning characteristics, which can be combined with alginate to yield a unique cellladen bioink for 3D bioprinting of living tissues [329] . Simultaneous electrospinning of nano and microfiber has led to the formation of multiscale fibrous scaffolds of PCL, which was combined with a chitosan hydrogel for ligament regeneration [330] . This scaffold induced rabbit ligament fibroblast cells to elongate along the aligned PCL fibers, which is required for the native ligament tissue microenvironment (Fig. 19b) . Furthermore, electrospinning has been integrated with 3D fiber deposition to create a multiscale scaffold of a PEG/poly(butylene terephthalate) (PBT) block copolymer that possessed a microarchitecture similar to the native tympanic membrane [331] . In vitro studies have revealed that hMSCs cultured on these scaffolds remained viable and metabolically active, and arranged along architectural directions of the scaffold. This study paved the way for multiscale, multi-compound, and multi-functional engineered tissues, which could potentially better mimic the complexity of native tissues.
Multiscale hierarchical architectures can also be controllably engineered by combining capillary force lithography and micro wrinkling, as it can mimic the topographical and orientation cues of the ECM. Nanopatterning of materials through UV assisted capillary force lithography technique, and subsequent pressing of the materials, affords multiscale topography cues for ECM deposition, which can ultimately regulate cellular morphology and directionality. It has been shown that the structures and directions of fibroblast cells were predominantly influenced by nanotopography, rather than by microtopography [332] . This approach opens a window of opportunity to engineer biomimetic well-defined 3D structures for biomedical applications. Moreover, the capillary force lithography/wrinkling combinatory technique has been used to generate hierarchically micro/nanopatterned transplantable patches composed of PLGA [332] . Besides expressing significant flexibility, such multiscale PLGA patches exhibited augmented tissue adhesion to the underlying native tissue, as opposed to merely nanopatterned counterparts. Integration of such PLGA patches with hMSCs also expressed enhanced bone generation in an in vitro model. This combinatory technique contributes to our capability to manipulate the substrate of cell culture to guide cell fate and function.
Multi-component polymers with multiscale pore sizes permit another class of multiscale tissue engineering, which was recently explored for the regeneration of damaged heart muscles [333] . Such multiscale structures were built from a combination of poly (limonene thioether) and poly(glycerol sebacate) porous membrane to function as a vascular-parenchymal interface. Hierarchical structures with micro-and macrosized pores were fabricated by casting the poly(limonene thioether) prepolymer onto PMMA spheres with a $35 mm diameter inside a precisely patterned mold. The casted prepolymer was later photocrosslinked, detached from mold, and underwent leaching process with acetone to remove the PMMA spheres and afford microsized pores inside of the main scaffold. In vitro studies revealed that macrosized channels enabled enhanced perfusion and assisted heart cell to align, while microsized pores improved heart cell retention with reducing polymer content. Moreover, it has been shown that the poly(glycerol sebacate) component functioned as a microporous vascular-parenchymal interface to afford high oxygen permissibility. This approach offers a versatile strategy that can bridge micro-and macroscale structures to mimic native tissue microenvironments. Although extensive research is needed to extend this technology into 3D shaped cell-laden hydrogel, a combination with multimaterial bioprinting approach can be envisioned.
Engineering 3D architectures with designer physical, chemical, and biological properties to accurately control cellular behavior is a key challenge for biomedical engineers. Developing biomaterials that provide cells with synergistic cues at multiple length scales can be expected to extend our capability to control cells in a spatiotemporal manner. Despite advent of novel combinatory techniques, these developments are still in their infancy and require a significant progression to mature in a widely useful platform to provide solutions for biomedical needs.
High-throughput screening for optimal biomaterial compositions
As described in previous sections, unprecedented hydrogels with different chemical and physical properties have been developed to regulate cellular behaviors by mimicking the microenvironments of native tissues. Although it has been found that the spatial and temporal engineered microenvironmental factors of hydrogels can synergistically affect cellular behaviors in a diverse way, conventional in vitro approaches are cumbersome and inefficient to find the optimal compositions from a vast number of hydrogels.
High-throughput screening platforms have been considered as a promising technology to screen the cellular responses to the effects of the vast combinations of factors in hydrogels [334, 335] . Diverse high-throughput strategies have been proposed to generate comprehensive libraries of hydrogels' microenvironmental factors to map the cellular responses. Typically, high-throughput screening platforms consist of hydrogel microarrays with different material compositions, which enable the simultaneous analysis of a large number of interactions between cells and hydrogels. To this end, various techniques including contact printing, soft lithography, and wettability patterning have been used to manufacture hydrogel microarrays [336] [337] [338] [339] [340] [341] [342] [343] .
Contact printing utilizes the capillary force of hollow pin arrays to build high-throughput screening platforms. Briefly, nanoliter volumes of biomaterials could be inserted into the tips of pin arrays via the capillary force and transferred via contact between the tips and a substrate [344] [345] [346] . Combinatorial screenings of 2D and 3D cellular behaviors on biomaterial microarrays have been conducted by utilizing contact printing technique [336, 339, [344] [345] [346] [347] [348] [349] [350] . For instance, Dolatshahi-Pirouz et al. utilized the contact printing method to print 3D cell-laden GelMA hydrogel arrays for the investigation of osteogenic differentiation of hMSCs [339] . It was observed that the osteogenic differentiation of hMSCs was significantly promoted by incorporating bone tissue-related ECM components, such as fibronectin, osteocalcin, and laminin into the hydrogel. Through this approach, an optimal composition of ECM components and growth factors for osteogenic differentiation of hMSCs could be identified.
In addition to contact printing, wettability patterning has also been developed as a facile way to create 3D biomaterial arrays. Wettability patterned surfaces enable the isolation of cell-laden biomaterials onto the hydrophilic region surrounded by hydrophobic borders, resulting in the formation of biomaterial arrays [36, [351] [352] [353] [354] [355] [356] . Wettability patterning can potentially be used for screening 3D cellular behaviors in spatially engineered hydrogels. Recently, Li et al. developed a simple method to generate spatially engineered 3D cell microenvironments using a surface-wettability-guided assembly (SWGA) method [336] . To make wettability patterns, a thin PDMS layer with microarray patterns was transferred to a clean glass substrate by using soft lithography. The wettability contrast between the hydrophobic PDMS layer and the hydrophilic glass surface allowed for accurate patterning of 3D cell-laden biomaterial arrays. Various shapes of hydrogels that contain different cell types could be readily fabricated using this SWGA method. In addition, heterogeneous biomaterial microarrays could be fabricated by interconnecting two hydrogel arrays printed on separated substrates with different shapes. This method enables the individual and spatial control of 3D cellular microenvironments, which can be used as a powerful tool for the investigation of spatial cell-biomaterial interactions in highthroughput manner.
Most of the conventional high-throughput screening platforms have focused on the investigation of 2D and 3D cellular behaviors in different biomaterial compositions. In addition to the biomaterial compositions, recent findings suggest that the interfacial geometry and temporally applied mechanical/electrical stimuli can synergistically influence cell-biomaterial interactions in a diverse way [357] [358] [359] [360] [361] [362] . Thus, screening the synergistical effects of geometric features of biomaterials and external dynamic stimuli on cell behaviors would provide valuable information to design smart biomaterials for therapeutic applications. To investigate the cell-biomaterial interactions under dynamic compressive strains, Moraes et al. developed a high-throughput device that can precisely apply controlled compressive strains to each individual actuating micropillar in a 3D cell-laden hydrogel microarray [363] . A range of 0-26% compressive strains could be dynamically applied to PEG hydrogel, allowing the characterization of deformation of cell nuclei under the compression. Similarly, the capability of applying tensile stress to 3D cell-laden hydrogels is also crucial as various tissues in the body, such as muscles, blood vessels, and heart are under constantly varying tensile strains. To this end, high-throughput screening platforms that can apply tensile stress to 3D cell-laden hydrogel arrays have been developed [364, 365] . The proliferation, spreading, and differentiation of cells were different from those cultured under static conditions, which provided insights in cell behavior upon dynamic biomechanical stimuli in 3D cell culture.
In addition to the dynamic mechanical stimuli, electrical stimulation can also influence cell behaviors and functions, such as proliferation, differentiation, and maturation [366, 367] . Particularly, the electrical signaling is regarded as one of the most crucial microenvironmental cues to direct neuronal cell functions. For instance, Jin et al. recently investigated the electrical stimulation effects by a direct reprogramming of fibroblasts to functional neuronal cells [368] . A triboelectrical nanogenerator was implemented as an electrical stimulation source, which generated biphasic electrical current pulse (1 Hz, $270 nA) from frictional movements. The electrical stimulation combined with nonviral delivery of neuronal linage specific transcription factors showed significantly enhanced cell reprogramming efficiency for both in vivo and in vitro scenarios.
Despite the significance of electrical stimulation in cellular behavior, high-throughput approaches to find optimized electrical stimuli for enhancing cellular functions remain a largely unexplored area. As a potentially useful platform, Dai et al. developed 3D flexible nanoelectronics to interface a 3D cardiac tissue construct for not only monitoring electrical signals, but also applying electrical stimulation [369] . The nanoelectronics consisted of individually addressable electrical stimulation electrode arrays with sensors to map electrical signals across the 3D cardiac tissue construct. The array configuration enabled spatial manipulation of action potential propagation of a cardiac tissue by applying electrical stimulation (1 V, 1.25 Hz). This miniaturized nanoelectronic platform can potentially be used in various hydrogel-based 3D engineered tissue models including blood brain barriers, blood vessel regeneration, a neuronal network for drug discovery and regenerative medicine.
High-throughput approaches have shown promising results for the investigation of the interactions between cells and their complex chemical and physical microenvironments with minimized use of materials at a significantly enhanced efficiency. Although various high-throughput platforms are developed to screen 2D and 3D cellular behaviors in response to ECM compositions, stiffness, and active mechanical stimulation, to date there is no integrated platform to monitor and analyze the cell behaviors at time scales relevant to tissue development and regeneration. For the true success of high-throughput platforms, there is an urgent need to develop a standardized platform that is compatible with conventional cell cultures and instruments for analyses. As the recent development of biomaterials has been focused on the smart biomaterials that can dynamically change their chemical and physical properties, in situ high-throughput analytical platforms that can be integrated with high-throughput screening devices could prove of high value in the high-throughput investigation of dynamic interactions between cells and biomaterials.
Conclusions
In summary, the field of hydrogel based biomaterials is rich with strategies for engineering material constructs with innovative functionalities and physicochemical properties. Of particular note are the chemical modifications and technological platforms that have granted spatial and temporal control over various hydrogel systems. Advancing hydrogels from static to dynamic experimenter-controlled systems is expected to expand our capability to guide complex and multi-faceted cellular processes such as stem cell differentiation and tissue regeneration. Recently developed highthroughput platforms are expected to aid in the identification of high performing formulations, which might accelerate the translation of these promising advanced biomaterials.
